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Riassunto
Il lavoro discusso nella presente tesi e´ stato effettuato durante il corso di dottorato
internazionale in Fisica Medica organizzato congiuntamente dall’Universita` di Trieste
e da quella di Siegen (Germania). Poiche´ l’attivita` di dottorato si e´ svolta presso
entrambe le instituzioni, ho avuto l’occasione di partecipare a due diversi programmi
di ricerca, entrambi nell’ambito dell’imaging per applicazione mediche con luce di
sincrotrone.
Il progetto MATISSE (MAmmographic and Tomographic Imaging with Silicon
detectors and Synchrotron radiation at Elettra) e´ un esperimento del settore
interdisciplinare del INFN (Istituto Nazionale di Fisica Nucleare), con lo scopo di
sviluppare un rivelatore per la fase pre-clinica degli esami tomo-mammografici alla
linea medica SYRMEP (Synchrotron Radiation for Medical Physics) presso Elettra,
la sorgente di luce di sincrotrone di Trieste. Grazie all’alta intensita` fornita da Elettra,
e´ possibile ottenere fasci di raggi X laminari praticamente monocromatici, di energia
compresa tra gli 8 e i 35 keV. Il rivelatore MATISSE e´ composto da sensori di silicio a
’microstrip’ utilizzati con le strips parallele al fascio di fotoni da rivelare. Cio´ consente
un’alta efficienza e la possibilita´ di non avere passaggi intermedi per la conversione
della radiazione in carica elettrica. L’elettronica di lettura funziona in modalita´ single
photon counting, aumentando cos´ı il rapporto segnale-rumore delle immagini. Grazie
alle caratteristiche della sorgente di radiazione ed all’alta efficienza del rivelatore,
la dose fornita ai tessuti per effettuare esami tomografici e´ paragonabile a quella
usualmente fornita per la mammografia planare. I primi prototipi del rivelatore sono
stati assemblati ed esaminati fornendo risultati promettenti. Il design del sistema ed
i risultati ottenuti finora con i questi prototipi verranno presentati.
L’altro programma al quale ho partecipato riguarda un progetto di angiografia da
effettuare presso ESRF la facility europea per luce di sincrotrone a Grenoble(Francia).
Il progetto prevede l’utilizzo di raggi X monocromatici per realizzare delle immagini
delle arterie coronariche attraverso l’iniezione intravenosa di un mezzo di contrasto.
Grazie ad una tecnica denominata ’K-edge subtraction’ e´ possibile ottenere immagini
ad alta risoluzione delle zone in cui e´ presente il mezzo di contrasto. Per aumentare la
qualita` diagnostica di tale esame, e´ stata proposta l’elaborazione di un metodo ad alta
velocita` di imaging 3D. Rivelando la radiazione di fluorescenza emessa dal mezzo con
diversi rivelatori di posizione e´ possibile acquisire diverse proiezioni dell’oggetto in
esame e quindi effettuare un sua ricostruzione tomografica. Il rivelatore adottato per
tale tecnica e´ una camera a deriva con induzione riempita con Xe. Il segnale dato dal
riveltore, opportunamente amplificato da un preamplificatore e filtrato da un filtro con
tempo di picco variabile, e´ digitalizzato da un flash-ADC. Un circuito discriminatore
viene utilizzato per produrre il segnale di trigger per l’ADC solo nel caso in cui
avvenga un evento di interesse (cioe´ che un fotone di fluorescenza venga assorbito nella
camera). I maggiori sforzi sono stati fatti per sviluppare questo elemento data la sua
importanza ai fini del successo finale del progetto. Oltre al disegno del discriminatore
e alle sue prestazioni ottenute nei vari test, viene descritto lo stato attuale dell’intero
progetto con i primi risultati raggiunti.
Abstract
The work performed during the international PhD course in medical physics organized
in collaboration between the University of Trieste and the University of Siegen, will
be discussed. Spending my time in both institutions, I had the opportunity to join
in two different research programs in the field of medical imaging with Synchrotron
Radiation (SR). Both of them will be presented and the results up to now obtained
will be provided.
The MATISSE project (MAmmographic and Tomographic Imaging with
Silicon detectors and Synchrotron radiation at Elettra) is an experiment of the
interdisciplinary sector of the INFN (Istituto Nazionale di Fisica Nucleare), aiming at
a pre-clinical phase of tomo-mammographic examinations at SYRMEP (Synchrotron
Radiation for Medical Physics) beamline of Elettra, the Trieste SR facility. With a
high intensity SR source it is possible to obtain practically monochromatic laminar
beams, in the energy range 8-35 keV.
The MATISSE detector is side-illuminated silicon microstripe detectors, thus allowing
direct, high efficiency, conversion of X-rays. The read out electronics operates in
single photon counting mode, maximizing the signal-to-noise ratio of the images.
Thanks to the characteristics of the radiation source and to the high efficiency of the
detector, the dose delivered in a tomographic examination results comparable to the
one delivered in planar conventional mammography. Detector prototypes have been
assembled and tested with promising results. The work concerning the design of the
system is described and the preliminary results obtained with the first prototypes is
presented.
The ’Angiography project’ is based on the non-invasive coronary angiography
using K-edge subtraction (KES) of a contrast agent with monochromatic X-rays from
synchrotron light facility at ESRF in Grenoble (France) To increase the diagnostic
quality of the SR angiography, the development of a high speed 3D imaging method
has been proposed. It is based on detection of the fluorescent radiation from the
gadolinium contrast medium which is selected in the position sensitive detector, a Xe-
filled Induction Drift Chamber (IDC). To achieve a true 3D imaging several projection
images have to be acquired by different detectors.
The IDC uses a read-out electronics chain composed by a preamplifier realized with
hybrid technology, a filter with variable shaping time and flash-ADC for digitizing
the data. A window discriminator fed is used to trigger the ADC.
More efforts have been done to develop the last element that is essential to trigger
the acquisition procedure only when an interesting event happens (a Gd-fluorescence
photon absorbed in the chamber). The new discriminator design will be presented
with the test results obtained. To conclude an overview on the progresses in the
different part of the project is provided.
Zusammenfassung
Die vorliegende Arbeit behandelt Ta¨tigkeiten, welche im Rahmen des internationalen
PhD-Kurses in medizinischer Physik, gemeinsam organisiert von der Universita¨t
Trieste und der Universita¨t Siegen, durchgefu¨hrt wurden. Da ich Zeit in
beiden Institutionen verbracht habe, bot sich mir die Gelegenheit, an zwei
unterschiedlichen Forschungsprogrammen im Bereich medizinischer Bildverfahren
mittels Synchrotronstrahlung teilzunehmen.
Das MATISSE-Projekt (MAmmographic and Tomographic Imaging with
Silicon detectors and Synchrotron radiation at Elettra) ist ein Experiment
des interdisziplina¨ren Sektors des INFN (Istituto Nazionale di Fisica Nucleare)
mit dem SYRMEP-Strahl (Synchrotron Radiation for MEdical Physics) an der
Synchrotronstrahlungsquelle Elettra in Trieste, mit dem Ziel der Entwicklung eines
Detektors fu¨r die pra¨-klinische Phase tomo-mammographischer Untersuchungen. Mit
der hochenergetischen Synchrotronquelle ist es mo¨glich, quasi monochromatische
laminare Strahlen im Energiebereich zwischen 8-35 keV zu erhalten.
Der Matisse Detektor ist ein seitlich bestrahlter Silizium-Mikrostreifen-Detektor,
welcher eine direkte und hocheffiziente Umwandlung von Roentgenstrahlen
erlaubt.Die Ausleseelektronik arbeit im Single-Photon-Counting-Mode, was das
Signal-zu-Rauschen-Verha¨ltnis der Bilder maximiert. Aufgrund der speziellen
Charakteristik der Strahlungsquelle und der hohen Effizienz des Detektors ist die
verabreichte Dosis bei einer tomographischen Untersuchung vergleichbar mit der bei
konventioneller, planarer Mammographie erhaltenen Dosis. Prototypen des Detektors
wurden gebaut und mit vielversprechenden Ergebnissen getestet. Die Einzelheiten
des Systemdesigns werden in der vorliegenden Arbeit beschrieben und die vorla¨ufigen
Ergebnisse mit den ersten Prototypen dargelegt.
Das ’Angiographie-Projekt’ basiert auf nicht-invasiver koronarer Angiographie
unter Zuhilfenahme der K-Kanten-Subtraktion (KES) eines Kontrastmittels mit
monochromatischen Roentgenstrahlen der Synchrotronstrahlungseinrichtung ESRF
in Grenoble. Um die Diagnose-Qualita¨t zu erho¨hen, wurde eine schnelle
3d-Bildgebungsmethode vorgeschlagen. Diese basiert auf dem Nachweis von
Fluoreszenzstrahlung des Gadolinium-Kontrastmittels im Ortsnachweisdetektor,
einer Xe-gefu¨llten Induktionsdriftkammer (IDC). Um eine echte 3d-Auflo¨sung zu
erhalten mu¨ssen mehrere Projektionen von verschiedenen Detektoren aufgenommen
werden. Die IDC benutzt eine aus einem mit Hybridtechnologie realisierten
Vorversta¨rker, einem Filter mit variabler Shaping-Time und einem Flash-ADC zum
Digitalisieren der Daten bestehende Auslesekette. Als Trigger fu¨r den ADC wird ein
Fensterdiskriminator verwendet.
Im Bereich des Triggers wurden weitere Anstrengungen unternommen, die
Datennahme nur dann zu starten, wenn ein interessantes Ereignis stattfindet
(ein in der Kammer absorbiertes Gd-Fluoreszenzphoton). Das hierzu no¨tige
Diskriminatordesign wird zusammen mit den erzielten Ergebnissen vorgestellt.
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This thesis work has been done within the collaboration between the University of
Trieste and the University of Siegen in an international PhD course in medical physics.
During the three years course I spent my time in both institutions and I joined in
two different research programs in the field of medical imaging with Synchrotron
Radiation (SR). For this reason the thesis is divided in three part well distinct: the
first chapter dedicated to give an introduction in the medical applications using SR;
the second to the breast imaging project and finally the third to the angiography one.
The use of X-ray for medical purposes started almost immediately after their
discovery by Ro¨ntgen in 1895. Since then the X-ray imaging has been the most
important diagnostic imaging technique. Although new imaging technologies have
found their place in medical diagnosis, classical X-ray imaging and its developments
-such as Computed Tomography - have a central role in the challenge of providing
health care to a great number of people more efficiently than ever before.
In the conventional clinical X-rays imaging the radiation is generally produced by
means of X-ray tubes. The photon energies are thus spread over a wide spectrum,
most of which contributes to the dose of radiation given to the patient, but not to the
image quality. This problem can be solved by using monochromatic radiation that is
available in synchrotron light facilities. Then the SR has added a new dimension to
the use of X-rays in imaging allowing the technique based on the phase alterations
of the wave passing through the sample [1]. In first part of chapter 1 an overview of
medical imaging projects adopting SR will be presented.
Digital detectors that could replace commonly used screen-film systems arise great
interest in the medical community [2]. At first large and expensive, technological
advances have steadily reduced size and cost while the usefulness of digital images has
increased due to increasing availability of computational power and high-speed data
communications. In fact the main advantage of the digital approach is the possibility
of image manipulation by post-processing that can help to enhance the detail visibility
and to apply particular imaging techniques that require data elaboration. In second
part of the chapter 1 the main parameters for detector characterization will be
presented and some of the digital systems currently used for clinical imaging will
be described.
In the field of the synchrotron based medical research, the most interesting
applications are angiography and mammography. While in vivo angiographic
studies has been already performed [3], in the second case a beamline devoted to
mammography is under commissioning at Elettra, the Trieste (Italy) synchrotron
light source [4].
At the SYRMEP beam line at Elettra, the research activities are mainly directed
toward the optimization of the mammographic examinations. The obtained results
on test objects and excised tissues have been so promising that an upgrading of
the beamline to perform clinical examinations have been carried out. In the first
phase mammographies will be performed using conventional mammographic screen-
film systems, however the perspectives are to move toward digital imaging and
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then tomographic examinations [5]. For this reason the SYRMEP collaboration
is developing a digital detector optimized for breast tomography with synchrotron
radiation.
Thanks to the absence of superimposition effects, tomographic breast imaging
promises an improvement of the diagnostic power of mammography [6]. The contrast
of the structures is enhanced and the shape of the lesions is detected more clearly.
The technique still has some limitations mainly the high dose given to the patients
and the poor spatial resolution. However the improvement of computed tomography
scanners and reconstruction algorithms is very fast and the perspectives are promising.
The use of a monochromatic synchrotron radiation beam allows a significant dose
reduction and a quantitative measurements of attenuation coefficients and hence a
tissue characterization [7].
The MATISSE project (MAmmographic and Tomographic Imaging with Silicon
detectors and Synchrotron radiation at Elettra) aims to develop a digital detector for
breast tomography with synchrotron radiation [8]. The sensor are side-illuminated
silicon microstripe detectors. The edge on configuration, i.e. orienting the sensor with
the strips parallel to the radiation beam, gives a high absorption efficiency limiting
the dose given to the patient [9]. Moreover the photons are converted into electric
charge in silicon, without the intermediate step of conversion into visible light in a
phosphor, thus avoiding the scattering of light that degrades the spatial resolution of
the system.
The read-out electronics is an ASIC that performs single photon counting. A
counting system is virtually noiseless, thus the Poisson-like fluctuations of the number
of the photons in the beam are the only noise source. The image quality results
improved at parity of dose [10].
In the last part of the chapter 2 the detection system will be presented in detail
and the results obtained with the first prototypes will be discussed. A prototype
with a sensitive area of 3.84 cm×300 µm is now in the testing and optimization
phase. The final detector with a sensitive area of 23 cm×0.1 cm2 to match the
laminar beam shape, is to be delivered at the end of 2005 and the future work to
achieve this goal will be outlined. Within the collaboration between the University
of Trieste (Italy) and Siegen (Germany) the new perspectives of the SR coronary
angiography have been investigated. A new project with the aim of the development
of a non-invasive diagnostic method for cardiac diseases using SR has been undertaken
(’Angiography project’). It is based on the non-invasive coronary angiography using
K-edge subtraction of a contrast agent with monochromatic X-rays from synchrotron
light facility at ESRF in Grenoble (France) [11]. The degree of stenosis -i.e. a site
in an artery where it is narrowed - in the coronary arteries is a good parameter to
explain the symptoms of cardiac diseases. As diagnostic method, the most important
is the clinical coronary angiography which provides detailed high-resolution images
of the coronary arteries in which a contrast medium is injected. The method is well-
developed, but still complications are too frequent to allow the its use as a routine
diagnostic method for screening.
In the past years the K-edge subtraction (KES) angiography with synchrotron
radiation has been evaluated as non-invasive diagnostic method in several human
studies. It provides images of clinical quality but not enough to justify its application
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in routine practice .
The KES imaging applications utilize the step in the absorption coefficient at the
K-edge of a contrast agent, such as iodine, intravenously injected. Moreover in the
last decade new non-invasive techniques have been developed for coronary arteries
diagnostics. In the first part of chapter 3, a review of the most promising techniques
will be presented and the results obtained by SR angiography as well.
The development of a high speed 3D imaging method is proposed in the
’Angiography” project. It is supposed to increase the diagnostic quality of the SR
angiography. The fluorescence radiation emitted at high intensity by the contrast
medium will be used as source to acquire several projection images such that true 3D
imaging is achieved. Gadolinium is adopted as contrast agent: it will be favorable
as compared to iodine - used in the past - (higher fluorescence yield, higher flux for
same radiation doses and less absorption of the fluorescent radiation).
The principle of the fluorescence imaging is based on detection of the fluorescent
radiation from the gadolinium contrast medium (43 keV) which is selected in the
position sensitive detector, a Xe-filled Induction Drift Chamber (IDC) [12]. The
projection of the cross section of the fan beam from synchrotron source is seen at
a given moment as a line from the side. While the scan is proceeding also the
vertical coordinate is scanned. Therefore the position sensitive detector measures
only one coordinate and sums over the other. Because only one coordinate is needed,
a collimator consisting of parallel plates forming slots can be adopted. This leads
to a high efficiency. The IDC has an energy resolution of about 10% FWHM which
is sufficient to separate the fluorescence signal from scattered radiation. It provides
also a position resolution in the sub-mm range necessary for the high sensitivity
collimator. Moreover the spatial resolution can be increased by interpolating the
difference of the induced signals on the potential wires [12]. The read-out electronics
chain, for both, anode and potential wires, is composed by a preamplifier realized with
hybrid technology, a filter with variable shaping time (up to 2 µs) and flash-ADC for
digitizing the data. To trigger the ADC a signal generated by a window discriminator
fed by the shaper output signals, is used. More efforts have been done to develop
the last element that is essential to trigger the acquisition procedure only when an
interesting event happens (a Gd-fluorescence photon absorbed in the chamber). For
the other elements of the electronics chain, well-known designs and already used in
other project have been adopted [13, 14, 15, 16].
Moreover the SR method could also provide new interesting measurements of the
myocardial perfusion. In order to explain the heart disease that apparently are not
correlated with the presence of stenosis in coronary arteries, new perfusion models
are necessary. Animal studies with SR angiography could add the complementary
informations to help such a theoretical development.
In the chapter 3, the Angiography project will be described in detail. After the
motivation, the advantages of the new ideas to improve the diagnosis impact of the SR
angiography will be explained. More emphasis will be dedicated to the fluorescence
3D imaging technique and in particular to the read-out electronics used with the first
prototype of the Drift Chamber. The new discriminator design will be presented with
the test results obtained. To conclude an overview on the progresses in the different




applications and detection systems
From the first of their discovery in 1895[17], the scientific community but also the
society have recognized the importance of X-rays. During the next 50 years, when
the synchrotron radiation was observed at the first time, the use in different scientific
fields of X-rays was well established. Up to now, the synchrotron radiation has become
a premier research tool with application not only in the material science but also in
medical field. The importance of the synchrotron radiation is demonstrated by the
growing number of facilities around the world constantly involved to improve the
quality of this light. In this chapter a briefly description of the characteristics of the
synchrotron radiation will be provided. Then an overview on the use of this X-rays
source for medical applications will precede a few words about the state of the art of
the detection systems employed in such field.
I Synchrotron Radiation
For the first time synchrotron radiation was observed in 1947 from the General Electric
synchrotron in USA. For a long while it was considered only a problem for particle
physics experiments since it is the major source of energy loss in high energy particle
accelerators. Only in the late sixties it was realized that synchrotron radiation (SR)
was useful for condensed matter research. Since then an explosive growth in the
building of dedicated SR facilities made this radiation a unique tool in many research
field [18].
I–1 SR sources
A typical synchrotron facility include the storage ring, which is a closed-loop
vacuum pipe within which electrons circulate at nearly the speed of light (Fig. 1.1).
With good vacuum, the stored electrons can circulate for very long periods of time,
exceeding in some cases one day. The electrons are first produced and pre-accelerated
in a suitable injection system, and then injected and stored in a storage ring. There
they are kept circulating in closed orbits by a sophisticated magnet system.
The basic components of the magnet system are ’bending magnet’, i.e. dipole magnets
which bend the trajectory to keep the electrons in closed orbits. As electrons lose
energy by emitting SR, their circulation in the ring requires equivalent injection of
energy. This is done by radio-frequency cavities, working at the resonance frequency of
the electron bunches. Since the bending action produces an acceleration on electrons,
as established by classical electrodynamics, an emission of electromagnetic waves is
obtained [19]. At relativistic energies, the distribution of the radiation is highly
peaked in the forward direction. Each bending magnet emits a fan of synchrotron
1
Figure 1.1: Simplified illustration of a storage ring. In the figure a bending magnet, undulator and wiggler are put in
evidence, showing also the different angular spread.
radiation which is highly collimated in the plane of the ring. The spectrum of the
radiation depends only upon the electron beam energy and the magnetic field and it is
characterized by a critical energy EC , which divides the spectrum into two parts with
equal power [20]. The value of EC rapidly increases with the energy of the circulating
electrons E and is inversely proportional to the curvature of the electron trajectory.






The emission cone gets narrower at higher photon energies.
Bending-magnet emission was the first type of SR used for practical applications, since
it was emitted by electron accelerators. They were the main devices for producing SR
in the so called first and second generation SR facilities. In the last ten years, the use
of high field magnetic devices, like wigglers and undulator, placed in straight sections
has made possible the realization of SR source called third generation like European
Synchrotron Radiation Facility (ESRF) in Grenoble or Elettra in Trieste. The wiggler
and the undulators are special magnets with alternating directions of the magnetic
field that cause oscillation of the electron bunch. The electron beam wiggles with a
large deviation angle in the case of the wigglers, and with a small deviation angle
in the case of undulators. In the next generation of synchrotron radiation sources
(fourth generation) there will be also included Free-Electron Laser (FEL) devices.
Accelerated electrons pass through a wiggler that causes the electrons to oscillate
and emit light which is captured in the cavity, and used to induce new electrons to
emit even more light. They will be capable of providing intense, powerful beams of
laser light that can be tuned to any precise wavelength [21]
I–2 Characteristics of SR
All the source in the modern SR facilities - i.e. bending magnet, wigglers
and undulators - produce a very high intense flux. It is possible to verify the
proportionality between the emitted power flux and γ2B2 in the case of a bending
magnet, where B is the magnetic field in the magnet. Considering the high value
of γ in typical storage rings, this increases the emitted flux with respect to classical
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case [22]. However the photon flux emitted by wiggler is even increased by a factor
given by the number of poles.
Another important common property of all sources is the very high angular
collimation of the emission. As already underlined, the angular spread does not
exceed 1/γ [23]. In undulators the angular spread is further reduced by a factor
1/
√
N , where N is the number of periods in the magnet array [24].
The spectral width of SR changes for the different sources. In fact bending magnets
produce a broad and continuous spectrum which makes possible the production
of intense tunable highly monochromatic beams. Monochromatization is usually
obtained by exploiting Bragg diffraction from crystals [25]. At the opposite the
undulator emission is a narrow peak and the ratio between the frequencies width




. Then it is
possible to tune the emitted peak by changing B, typically by changing the distance
separating the magnet poles. Increasing B ulteriorly the result it is not more an
undulator but a wiggler. The wiggler emission is equivalent to that of a series of
banding magnets.
The quality of a synchrotron source can be characterized with special parameters. The
most important ones are the brightness and the brilliance. The brightness is defined
as the number of photons emitted per second, in spectral bandwidth ∆λ/λ=0.1%
into a unit solid angle [18]. The brilliance instead is defined as the number of photons
emitted per second, in spectral bandwidth ∆λ/λ=0.1% into a unit solid angle by an
unit source area. This paramenter is very usefull in application where the relevant
quantity is the photon intensity that can be focused into a specific area. The brillance
is determined by the size of the source, that is by the size of the electron beam
and by the angular spread fo the radiation, given by the convolution of the angular
distribution of SR with the angular divergence of the electron beam. Therefore the
quality of the electron beam source is essential to determine the brilliance of the
photon source.
Figure 1.2 shows the spectral brightness of SR produced by bending magnets and
insertion devices with different electron energy. The spectrum and brightness are
compared with the ones produced by X-ray tubes. The latter can be taken as a
rough estimate since brightness depends strongly on the operation parameters (e.g.
kVp, mAs, collimation) and fabrication characteristics of the device (e.g. focus size,
stationary or rotating anode). The 4th generation SR facility with the use of FELs
are expected to increase the brilliance of SR sources of several orders of magnitude.
The efforts to improve the source geometry thereby improving the brightness yielded a
very important byproduct: coherence. In fact the spatial coherence is due essentially
to the small size of the sources that for SR are given by the transverse size of the
electron beam and by the narrow cone of emitted light. A X-ray coherent source
allows several applications from which phase effect imaging for medical studies.
Because the the circulating electrons in the storage ring are bunched together, the
emitted radiation presents a time structure. It consists of light pulses separated
by ’dark periods. This property can be useful for time-resolved experiments. The
presence of the electrons bunches in the ring is simple explained by the presence of
the radio-frequency cavities that group the electrons in one or more bunches.
To conclude this overview on the SR properties, the linear polarization in the
3
Figure 1.2: Spectral brightness for several SR sources and conventional X-ray sources [26].
horizontal direction has to be mentioned. Light emitted by bending magnets is also
characterized by circular polarization in the vertical direction. This property can be
useful for the investigation of magnetic domains or for spin-resolved measurements.
II Medical imaging with synchrotron radiation
Medical imaging techniques implemented at SR facilities are based on absorption and
refraction of X-rays [1].
Absorption imaging is largely used for clinical radiography based on conventional X-
ray tubes, while techniques that exploit phase effects require a high degree of spatial
coherence of the radiation and so far their clinical exploitation seems possible only
at SR facilities. In this section the basic principles of both absorption and phase
techniques will be discussed.
The main applications of SR for in vitro and clinical studies will be highlighted.
II–1 Absorption imaging
Conventional radiology wants to discriminate the presence of details with different
density in the sample by detecting differences in their attenuation coefficients.
II–1.a Principles of absorption imaging
The intensity of radiation passing through a homogeneous sample of thickness x
is given by [27]:







Figure 1.3: Diagram of X-ray absorption by a uniform sample with a denser detail.
where E is the energy and I0 the intensity of the impinging radiation. µ is the linear
attenuation coefficient of the sample:
µ = (σph(E) + σC(E)) ρ (1.2)
which is related to the atomic density ρ , and to the photoelectric (σph) and Compton
(σC) cross sections. The pair production cross section can be neglected in the X-ray
energy range used in radiology.
The attenuation coefficient is then a function of the sample composition and radiation
energy. In the case of polychrome beams, the attenuation is obtained by integrating
over the radiation spectrum.
If we consider a homogeneous sample containing a denser detail as in figure 1.3 we
can define the contrast as the relative difference between the transmitted intensities






−µ1(E) D − I0 e−(µ1(E) (D−L)+µ2(E) L)
I0 e−µ1(E) D
= 1− e−(µ2(E)−µ1(E)) L (1.3)
where µ1 and µ2 are the attenuation coefficients of the homogeneous background and
of the detail respectively while D and L are the sample and the detail thickness
respectively.
Given the radiation energy, the contrast is essentially a property of the examined
sample and depends on the detail size and on the difference of its attenuation
coefficient from the µ of the background.
However, the visibility of a detail depends not only from its contrast but also from
the image quality, which is affected by the Poisson-like fluctuations on the incident
number of photons and possibly by the noise of the detection system [28].







where σ1, σ2 is the standard deviation corresponding to I1 and I2 respectively. In an
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ideal imaging system the fluctuation on the number of photons is purely Poisson-like
thus σ1 =
√
I1 and σ2 =
√
I2.
SNRdetail generally increases with the number of detected photons.
The dose D given to the patient is defined as the energy deposited per mass unit. It
depends on the energy of the radiation (being related to the absorption of radiation
and consequently µ) and on its intensity. However for diagnostic purposes, to evaluate
the effective energy absorbed in the organ under examination the mean dose and the
skin dose are adopted. The mean dose is the absorbed dose averaged over the whole
or a part of the organ, while the skin dose is the absorbed dose in a layer of skin.
Specially in the first case their values are not easy to calculate and several algorithms
have been developed.
Concluding another physical quantity is introduced to compare the imaging
systems: the Figure of Merit (FOM). It is defined as
FOM =
SNRdetail√D (1.5)
It can be demonstrated that FOM depends by the beam spectrum, by the sample
characteristics and by the detection system features. The FOM is independent
from the radiation intensity and hence it can be used to optimize the image quality
independently from the dose given to the patient.
II–1.b Advantages of synchrotron radiation
The main advantage of SR is the use of monochromatic beams. In fact it allows
the optimization of the energy as a function of the sample in order to maximize the
FOM. Moreover the hardening of the beam due to the sample absorption of the low
energy photons is avoided - due to higher absorption coefficient for lower energies -,
contributing to limit the dose.
Techniques such as K-edge subtraction imaging can be performed with excellent
results [29]. In this case, images are acquired at energies above and below the K-
edge of the contrast agent used and then the two images are subtracted. In chapter
3 a particular application of KES angiography will be described.
Thank to small source size, the negligible divergence and the large distance of the
sample from the source a good spatial resolution can be reached. However in the most
of case, the detector is the limiting element. Finally with a simple slit collimator, the
presence of scattered radiation in the images can be rejected because of the laminarity
of the beam. It is due to the small opening angle in the vertical direction and the
possibility to place the detector at a large distance. A price to pay is the requirement
to scan the sample through to the beam for obtaining 2D imaging.
II–1.c Applications
The SR potentiality are not yet completely exploited specially in medical imaging.
So far, only three different applications have been or have the perspectives for ’in
vivo’ studies: coronary angiography, bronchography and mammography [3]. Here
a brief description of these techniques will be provided. For two of them a more
complete discussion will be given in the next chapters (chapter 2 for mammography
and chapter 3 for coronary angiography).
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Coronary angiography
Clinical coronary angiography is an important diagnostic method, which provides
detailed high-resolution images of the coronary arteries. The method is well-
developed, but still complications and even mortality are too frequent to allow
conventional coronary angiography to be used as a routine diagnostic method for
screening or follow-up studies. When using SR, a much lower concentration of contrast
agent can be used and it can be injected by intravenous injection [30, 31, 32].
Coronary angiography is the only medical application for which synchrotron radiation
techniques have been extensively applied in human research. So far, a total of
500 patients have been imaged in several SR facilities. The experimental setup is
implemented by means of a bent Laue monochromator. It produces two beams, one
with energy above and one below the K-edge of contrast agent. The beams are focused
in correspondence of the patient, who is scanned through them. Two different sensors
are used to acquire two images. If one image is logarithmically subtracted from the
other, an image of the distribution of the contrast agent is obtained. High quality
images have been obtained but superimposition problems limit its application to large
number of people as described in chapter 3.
Bronchography
Bronchography can be used for the detection of lung cancer or for the diagnosis of
respiratory diseases. In lung imaging with SR, xenon mixed with oxygen is used as
a contrast agent. The bronchial tree is clearly visible after a few inspirations, but is
then shadowed by the filled alveoli.
So far there has been only one human study that demonstrated that the bronchial
tree could be imaged down to the fourth bifurcation [33].
SR bronchography suffers the concurrence of other techniques such as computed
tomography who has dramatically improved in the last years. However KES
bronchography maps the ventilation in lungs with good spatial and temporal
resolution and is expected to contribute to the study on lung diseases and on the
effect of drugs. Small animal studies for quantitative analysis of lung ventilation and
diseases show interesting perspectives [34].
Mammography
Mammography is the most effective technique for early diagnosis of breast cancer.
In conventional mammography radiation from a fine-focus molybdenum anode X-
ray tube is generally employed, thus at SR facilities X-rays in the 15-22 keV energy
range are used. SR mammography studies are carried on in order to investigate new
techniques to be implemented in the future, in clinical mammography.
At an early stage of in vivo studies, only doubtful cases will be examined. In
other words, women who have already undertaken a conventional mammographic
examination, which did not lead to a definitive diagnosis, will be offered the possibility
of undergoing a SR mammography.
Compared to conventional mammographic units, SR mammography shows a great
improvement of the image quality-dose relationship, which is due to the beam
monochromaticity and to the high collimation of the beam, which strongly removes
the presence of scattered radiation in the images using a slit instead of anti-scattering
grids [35, 36]. Dual energy mammography is being studied in order to remove the
contrast due to the distribution of the glandular tissue and enhance the intrinsic
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contrast of pathological tissues [37]. Recent developments in phase contrast imaging
are greatly improving mammographic studies, as will be described in the next
paragraph.
II–2 Phase detection imaging
Conventional radiologic studies are based on only absorption effects, and therefore
image contrast is entirely due to differences in the absorption properties of the
details inside the object as the Eq.1.3 shows quantitatively. Small X-ray absorption
differences result in poor image contrast as for example in the case of soft tissue
with respect to cancer. Recently, new imaging modalities based on phase shift effects
have been largely investigated specially in SR facilities [38]. In fact the high spatial
coherence of SR allows to exploiting all the potentiality of these phase-shift imaging
techniques.
II–2.a Principles of Phase detection
The effects on propagation of the X-ray wave can be conveniently described by
the refraction index n:
n = 1− δ + i β (1.6)
It is composed by an imaginary component β related to the absorption and by a real
component δ related to phase-shift due to scattering of the waves [39]. In the energy
range suitable for X-ray imaging of biological samples, δ can be considerably larger
than β. Phase techniques are sensitive to the spatial variation of the real part δ of
the refraction index. The presence of edges produces a strong enhancement of the
image contrast due to the sharp gradient of refractive index [40].
The refraction pattern is characterized by positive and negative peaks near the





where I1, I2 are the intensities on the maximum and on the minimum respectively,
while I0 is the intensity in the background.
It is interesting to point out that the mechanism that gives rise to phase contrast
deposits no dose in the sample [41]. It is of course impossible to eliminate the
processes that produce the absorption of radiation, but it may be possible to operate
in conditions where those are minimized.
The real part δ of the refractive index decreases an order of magnitude less than
the imaginary part β for energies that go from 20 keV to 60 keV. By increasing the
energy, phase contrast imaging could allow a significant dose reduction with little
deterioration of the diagnostic information. However, more work is needed in order
to determine if the loss in absorption contrast that would result in using higher energy
X-rays could be replaced by the information given by phase contrast.
The most important techniques based on phase shift effects are the in-line phase
contrast imaging and Diffraction Enhanced Imaging.
II–2.b In-line phase contrast imaging
In-line phase contrast is obtained with the same setup of absorption imaging, only
by increasing the distance between sample and detector, and it does not require any
8
Figure 1.4: Scheme of the process that governs the in-line phase contrast technique.
kind of image reconstruction or wave splitting [39, 42]. In phase-contrast imaging,
the phase shifts in the X-ray wave field when it crosses a detail is of interest. Beyond
the detail, the waves refracted (phase shifted) by the detail itself strongly interfere
with the unrefracted waves. This interference effect takes place along the border of
the detail inside a narrow angular region (about 10 µrad), and it results in strong
interference patterns inside this region that could be detected (Fig.1.4). This leads
to strong interference patterns in the intensity detected along the edges of the details
in the imaged sample. Therefore, visibility of the details will be highly enhanced. In
particular, the thin and small details that are usually invisible on absorption images
will become detectable as a result of this edge-enhancement effect.
Since the interference angle is very small, it is impossible to detect the interference
patterns immediately behind the sample, and therefore the sample-to-detector
distance must be optimized to match the spatial resolution of the detector device.
Moreover the diffraction pattern must also be convolved with the source shape.
The distance must consequently be optimized not only as a function of the detector
resolution but also as function of source size.
The longitudinal coherence i.e. the coherence related to the non-monochromaticity of
the source, is not crucial to perform phase contrast imaging. Thus, also a polychrome
radiation can be used [43].
A different setup can be obtained by positioning a linear detector slightly out of
the beam. As Fig.1.5 shows, the beam and the detector are shifted. So the beam can
be divided in two part: one that impinges on the detector - marked with 2 in the
Fig.1.5 - and the other part that does not - marked with 1. Hence when a detail is
scanned through the part 1 of the beam, the scattered radiation will deflected to the
active surface of the detector producing an intensity peak. On the other hand when
the part 2 will be deflected by the detail outside the detector surface, a minimum
will be obtained in the intensity pattern. In other words a diffraction patterns is
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Figure 1.5: Set-up configuration with detector and fan beam misaligned.
increase the spatial resolution of the system by removing a part of the radiation that
does not contribute to the diffraction pattern. By tuning the detector displacement
with respect to the beam and the sample to detector distance, the diffraction angle
and acceptance window can be selected. [44, 45]
Since the photons are deviated by a very small angle a negligible parallax effect is
present and the shape of the details is preserved in the image. Although the resulting
scattered radiation has a low intensity, a high SNRdetail can be obtained, since the
contrast is very high. It is important to notice that with this setup the detection of
scattered radiation can be achieved without increasing the dose, simply by adding
a further line of pixels just above or below the detector layer used for conventional
absorption or phase contrast imaging.
II–2.c Diffraction enhanced imaging
In the diffraction enhanced imaging in addition to the monochromator crystal,
which is present between the source and the sample, a second (analyzer) crystal is
placed between the sample and the detector (Fig.1.6). The reflectivity of the analyzer
crystal is described with a narrow bell-shaped function of the incident angle at a
fixed energy, and the reflectivity of the monochromator crystal is characterized by
approximately the same rocking curve. Thus the analyzer crystal, when aligned with
the monochromator crystal, acts to reject scattering.
Most of the photons scattered by the sample at angles larger than half the full width
at half maximum (FWHM) of its rocking curve are rejected by the analyzer crystal.
This allows removal of image blurring due to scattered radiation.
Photons that cross the sample along the borders of the details are scattered at relevant
angles as a result of the sharp gradient of the refractive index at the interface between
materials. The diffraction angle, to the first approximation, is proportional to the
gradient of the phase shift term. Therefore, these photons are almost completely
rejected by the analyzer crystal and sharp white lines appear along the borders of all
details in the image, which enhances their visibility [39]. When a slight misalignment
is adopted between the monochromator and analyzer crystals, the reflectivity of the
latter is maximized for a scattering angle equal to the misalignment angle. Owing to
the relationship between the scattering angle and the phase-shift term of the refractive
index, the analyzer crystal allows the conversion of the behavior of the phase shift
term inside the imaged sample into different reflectivity coefficients for the refracted
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Figure 1.6: Schematic depicts of the conceptual beam-line layout used for DEI
wave, and therefore into intensity differences on the detector. The scattering angle
selection by means of Bragg diffraction can be achieved only with monochromatic
radiation, however SR is not necessary and monochromatic radiation from an X-ray
tube has also been used [46].
II–2.d Applications
Phase contrast methods strongly enhance the differences between soft biological
tissues of very similar absorption strengths and thus find application in very
challenging diagnostic examinations.
The use of synchrotron has revealed the possibilities offered by these techniques
but unfortunately the application of these ideas in a clinical context requires that
technology be pushed to its limits in a number of areas including x-ray sources,
optics and detectors.
So far, the current “state of the art” is restricted to small animals and human
tissue samples [41].
Cartilage and bone imaging
The imaging of cartilage and bone is required for diagnosis and consequently
treatments for joint diseases and degenerative osteoarthritis. Articular cartilage
is normally invisible and alternative imaging methods such as magnetic resonance
imaging and ultrasound are employed. Unfortunately these methods have much
poorer spatial resolution than X-rays. The use of phase contrast imaging can be
usefully to detect early degenerative changes of cartilage. In fact the phase contrast
proved to clearly delineate the interface between air and soft tissue and between soft
tissue and cartilage [47]. Moreover DEI provides distinction between degenerated and
healthy cartilages [48].
Lung imaging
The large refractive index of air and soft tissues makes the lungs an ideal candidate for
phase contrast imaging. Up to now only early comparative studies on small animals
and human tissues have been conducted [49, 50].
Mammography
Since the breast soft tissues and the tumor have similar mass absorption coefficients
resulting in relatively low contrast in conventional mammograms, phase contrast has
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great potential in this area. Several studies have been performed imaging breast
tissues with in-line phase contrast and DEI technique.
In-line phase contrast provides enhanced contrast and spatial resolution with
better definition of the glandular component and improved visibility of micro-
calcification [39].
DEI proved an enhanced visualization of lesion spiculation and architectural distortion
and in particular lobular carcinoma, which is a tumor difficult to detect, was better
recognized [51, 52]. DEI mammography has been investigated also with a conventional
source and an analyzer crystal [46].
The mammographic application is the one which shows better perspectives both
with conventional sources [53, 54] and synchrotron radiation. The possibility of
exploitation of in-line phase contrast imaging is certainly one of the motivation for
the construction of the beamline for clinical mammography which is at Elettra in
Trieste and will be described in the chapter 2.
III Digital Imaging
Almost all X-ray images are based on transmission of photons through the body. The
X-ray transmission pattern in the plane of the imaging system can be considered as
a continuous variation of X-ray fluence with position.
An analogue imaging detector attempts to reproduce this pattern faithfully, for
example as variations of optical density on a developed film emulsion. In principle,
these variations are spatially continuous and provided that enough X-rays are used,
they are also continuous on the intensity scale. In a digital imaging system, the X-
ray transmission pattern is sampled both in the spatial and intensity dimensions. In
the spatial dimension, samples are obtained as averages of the intensity over picture
elements generally called pixels.
III–1 Detector properties
Generally the performances of the detectors are evaluated respecting their
properties. The most important are: field coverage, geometrical characteristics,
quantum efficiency, sensitivity, spatial resolution, noise characteristics, dynamic
range, uniformity, acquisition speed, frame rate and cost [55].
III–1.a Field coverage and geometrical characteristics
The imaging system must be able to record the transmitted X-ray signal over the
projected area of the organ under investigation.
For example a standard mammographic cassette has a dimension of 18 × 24 or
24× 30 cm2.
There are two geometrical approaches: one is to develop full field detectors, the other
is to use 1-Dimensional (1D) detectors and scan them. While the main advantage
of full field systems is to acquire the whole mammographic image in one single
shot, scanning systems are a way of overcoming the size and cost limitations of
available high resolution photo-detectors: the sensor is essentially 1D, while the
second dimension is acquired by scanning detector and X-ray beam across the patient.
The main advantage of scanning systems is the improvement of scattering rejection
using slit collimation. Since anti-scattering grids can be avoided, there is an increase
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of the efficiency of the detector without degradation of the image quality.
The main disadvantage of the scanning approach is the longer duration of the
clinical examinations, that can be up to several seconds. The use of multi-line
detectors can strongly reduce the acquisition time.
Finally a useful parameter that provides the geometric efficiency of detectors
composed of discrete sensing elements is the Fill-Factor (FF). It can be defined as the
fraction of the area of each detector element that is sensitive to the incident x-rays.
In some applications (for example mammography) it is important that the detector
has negligible inactive area on one or more edges to avoid excluding tissue from the
image. In any case, dead area within the detector results in inefficient use of the
radiation transmitted by the patient, unless prepatient collimation is used to mask
the radiation that would fall on these dead areas.
III–1.b Efficiency
The efficiency of a detector is of fundamental importance in order to limit the
dose given to the patient. The quantum efficiency is the probability of absorption of
the radiation inside the detector.
The quantum efficiency η of the detector for photons of energy E is given by:
η(E) = 1− e−µ(E)T (1.8)
where µ is the linear attenuation coefficient of the sensor and T is its thickness. For
polyenergetic sources (e.g. X-ray tubes) the effective efficiency of a detector will be
obtained by integrating η over the radiation spectrum.
The quantum interaction efficiency can be maximized by increasing the detector
thickness or using materials with high atomic number.
η depends strongly on the energy of the impinging radiation, which influences both
the detector and the shield absorption.
III–1.c Noise and spatial resolution: DQE(ν)
The resolution of a system is the minimum distance that two objects can be placed
and still be recognized as distinct objects. The definition of resolution is not very
practical, because it depends to some degree on the shape of small objects used. Of
greater utility is the study of the response of the system to a delta function (i.e. an
ideal point-like object). This is called point spread function (PSF). It contains all of
the deterministic spatial-transfer information of the system. The ideal PSF will be
one pixel wide (as shown in figure 1.7(a)), but in real detector consists of a spot of
several pixels, brighter in the center and progressively darker away from the center.
The Modulation Transfer Function (MTF) is formally defined as the magnitude of
the Fourier transformed PSF. The physical meaning of the MTF is to evaluate the
fraction of the contrast at a specific spatial frequency that is transfered by the imaging
process. In the optimal case, the MTF value is 1, meaning that object and image
contrasts are identical.
The MTF is computed in the Fourier domain and is thus expressed in spatial frequency
units. The MTF usually starts with a value 1 at 0 spatial frequency which represents
a homogeneous background. It then drops down to zero in a system-specific manner.
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(b) Pixel-like MTF
Figure 1.7: Plot of a single pixel point spread function and its relative MTF.
The spatial resolution of two systems can readily be compared by using the MTF: at
each spatial frequency the system with the higher MTF maintains a better contrast.
Most detectors for digital radiography are composed of discrete elements, usually
of constant size and shape.
Some detectors are not pixellated at the X-ray absorption stage (e.g.
photostimulable phosphor detection systems), but the aperture dimension and
sampling interval are defined by the read out mechanism. The dimension of the
active portion of each discrete elements defines an aperture d which determines the
spatial frequency response of the detector. The sampling interval p of the detector is
the pitch between sensitive elements of measurements.
The sampling theorem states that only spatial frequencies below (2p)−1 (the so
called Nyquist frequency) can be faithfully imaged. If the pattern contains higher
frequency components, aliasing occurs. In this case the frequency spectrum of the
image pattern beyond the Nyquist frequency is folded around that frequency.
The smallest sampling interval in a single image acquisition is p=d. A method for
increasing the Nyquist frequency is dithering, which consists in acquiring the image
several times with a motion of the detector by a fraction of the pixel pitch. This
technique is particularly useful with scanning detection systems.
In an ideal system, the Poisson-like fluctuations (variance σ =
√
N) with N number
of X-ray photons impinging the detector will propagate to the output due to the
finite absorption of the detector (variance σ =
√
ηN . However in the real detectors
some noise is added to the signal by the detector in the different stage in which the
detection process can be divided. A complete analysis of signal and noise propagation
in a detector system must take into account the spatial frequency dependence of both
signal and noise. As described above, the signal transfer can be characterized in
terms of the modulation transfer function, MTF(ν), where ν is the spatial frequency,
14
while the noise is described by the noise power or Wiener spectrum W(ν). W(ν)
may be thought of as the variance of the image intensity shared among the frequency
components of the image. A useful quantity for characterizing the overall signal and
noise performance of imaging detectors is their spatial frequency-dependent detective
quantum efficiency, DQE(ν). It is possible to define the DQE of the detection system
as the squared ratio between the SNR of the signal at the output of the detector
(SNRout) and the maximum possible SNR, which corresponds to the one at the
input of the detector (SNRin). When DQE(ν) is multiplied by the number of quanta
incident on the detector, SNR2out also known as the number of noise equivalent quanta
used to form the image, NEQ(ν), is obtained. NEQ(ν) is proportional to the ratio
between MTF2(ν) and W(ν) [29]. It has to remark that the given definition of DQE





where q¯ is the input quanta (X-ray photons) per unit area. The previous definition
becomes correct in detection system where the SNRin is equal to q¯ as in the case
of photon-counting detector and the SNRout is equal to ratio of MTF
2(ν) and W(ν)
multiplied for the square of the average signal output. The complete theory of DQE
can be found in [29].
III–1.d Sensitivity and uniformity
Since the final output of digital detectors is an electrical signal, the sensitivity of
a detector can be defined in terms of the charge produced in the detector per X-ray
quantum of specified energy. This is strictly dependent on the conversion efficiency
of the specific detector, which can be expressed in terms of the energy w, required
to release a light photon in a phosphor or to create an e-h in a semiconductor or a
photo-conductor or an electron-ion pair in a gaseous detector. The values of w for the
most common material used as detectors are reported in Tab.1.1. Other properties
such as atomic number, K-edge energy Ek and fluorescence yield Y are also reported.
Material Z w (eV) Ek(KeV) Y
CdTe 48/52 4.4 27/31 0.85-0.88
High-pure Si 14 3.6 1.8 ¡0.05
Amorphous Se 34 50 (@10V/µm) 13 0.6
CsI(Tl) 55/53 19 36/33 0.87
Gd2O2S 64 13 50 0.92
BaFBr(see Imaging plate) 56/35 50-100(estimated) 37/13 0.86
Ar 18 26 2.9 0.12
Xe 54 22 29.7 0.89
Kr 36 24 12.7 0.65
Table 1.1: Properties of phosphors, photo-conductors and gas used as detectors [3].
Moreover it is important that a radiographic imaging system provides uniformity,















Figure 1.8: Typical exposure curve of a film.
from disuniformities may in fact affect the diagnostic value of the image.
From the definition of SNRdetail in equation 1.4, one can see that an increase of
the disuniformities between pixels (and thus an increase of σ1, σ2) leads to a loss
in the visibility of the detail. In a digital system the difference in response from
element to element can be partially corrected with a calibration of the detector.
This is usually accomplished by imaging an object of uniform X-ray transmission,
recording the detector response and using it as a correction mask (flat field). If the
detector response is linear, also a mask obtained without radiation (dark field), to be
subtracted to both the image and the flat field before the correction, can be requested.
If the response is not linear, flat fields at various photon fluencies must be collected.
III–1.e Dynamic range
One of the main limitations of screen-film systems is their response curve to X-ray
exposure. Figure 1.8 shows the relation that exists between the exposure and the
optical density obtained for a film after development. For exposures in the toe or in
the shoulder region, no detail is visible. The linear region is usually kept narrow in
order to enhance the image contrast, but mistakes in exposure time selection may lead
to the need of repeating the examination. The use of a digital system can overcome
this problem.





where Xmax is the X-ray fluence providing the maximum signal that the detector can
accommodate, while Xnoise is the fluence that provides a signal equal to the quadratic
sum of the detector and X-ray quantum noise.
The higher the dynamic range, the wider the linear region of the detector response In
the definition of dynamic range, the maximum exposure supported by the detector



















Figure 1.9: Schematic of the stages of signal formation in three different kind of detectors.
III–2 X-ray conversion
Most x-ray imaging detectors employ a phosphor in the initial stage (Fig.1.9(a))
to absorb the x-rays and produce light which is then coupled to an optical sensor.
Using these systems the main advantage is the ’quantum amplification’: a single
interacting x-ray in the phosphor has the potential to produce many light quanta [55].
However the light quanta produced in the screen must be transmitted to the electronic
sensor, and to avoid losses in the signal collection a correctly coupling has to be
obtained. Moreover during the diffusion the light suffers multiple scattering by the
phosphor grains before it escapes the screen, as shown in Fig. 1.9(a). The scattering
causes image blur and resolution loss. The screen choice is a trade-off between X-ray
absorption and blurring, since thick phosphor screens provide a higher efficiency but
cause more light spread. In fact the FWHM of the light spread is generally equal to
the thickness of the phosphor.
The blurring problem can be partially solved by developing custom geometries
for the coupling between phosphor and detector or through the use of structured
scintillating screens. The latter are usually fabricated using columnarly grown CsI;
the cracks between the columns refract the light, thus limiting the spread, as shown
in Fig. 1.9(b). However, because of the not perfect channeling of light the spatial
resolution is improved but still lower than that one of direct conversion detectors. In
fact the direct X-ray conversion avoids the light conversion stage (Fig. 1.9(c)). The
e-h (or electron-ion) pairs are driven to the collection region by a strong electric field,
thus limiting the charge diffusion and solving the blurring problem.
The materials used for direct conversion are photo-conductors, semiconductors or
gases. Usually a good efficiency is reached using high atomic number materials mainly
selenium [56, 57, 58]. In the last ten year several attempt in testing new materials
have been carried out. Between them GaAs [59, 60, 61], CdZnTe [62, 63], InP [64, 65],
HgI [66]) have to be mentioned . Another strategy is the increasing of the sensitive
absorbing length by means of particular geometrical configuration [4, 67, 68].
Another important advantage of direct conversion detectors is that the sensitivity
is usually much higher than that of phosphor screens (particularly in semiconductor
materials see Tab.1.1), so that the collected charge per X-ray quantum is relatively
high.
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III–3 Integration or Photon Counting?
The X-ray detectors can be classified in two classes according to the detection
strategy: integrator and photon counting detectors.
Integrating devices record intensity by measuring the level of a quantity which
changes as energy is deposited. At the end of the frame period, the quantity must be
measured.
In photon counting detectors single X-ray quanta are detected as they reach the
detector. They use a threshold level: in a given time slot the signals produced by
X-ray that overpass such a level are counted.
In the integration detectors the time required to read out the measured quantity is
the dead time which results dependent by the frame rate. In attempting to minimize
this dead time by increasing read speed, the detector designer must balance the noise
and accuracy of the readout system, which both deteriorate as the speed is increased.
The main advantage of integrating devices is that they can support very high input
fluxes [69]. However, they can saturate due to the accumulation of a high quantity
of energy. This sets a limit on the flux that can be integrated before the detector is
read out and the pixel reset. Note that this does not set an instantaneous maximum
input rate but the duration of the acquisition frames. Moreover, frequent acquisition
slots increase the reset noise component and the dead time, since the detector is
insensitive during the read out. When minimizing the dead time by increasing the
read out speed, the read out noise increases, thus limiting the sensitivity (i.e. the
minimum detectable flux) of the system [69].
Integrating read out is largely used (e.g. image plates, CCD, flat panels) since
it does not impose strong requirements on the sensors, can also be used in indirect
detection techniques.
In the photon counting devices the suppression of low-frequency noise (dark
current) can effectively be performed with pulse-processing front-end electronics. This
increases the SNR of the image. In fact the setting of a threshold makes it possible
to discriminate noise from signal. As opposed to charge-integrating systems, low-rate
imaging can be performed [10]. In addition, counting systems have a perfectly linear
behavior and virtually unlimited dynamic range, since the increment of the counters is
linear and the dynamic range can be defined independently from the characteristics
of the sensor (i.e. there is no saturation). Higher energies can be discriminated
from lower one by means of opportune threshold setting allowing the rejection of
background from the interesting signal.
Multiple thresholds can be implemented as well. This opens completely new
perspectives for imaging with spectral sources. or in imaging using fluorescence
radiation
Then before to explain the limitations of these devices, an important consideration
about their application in imaging with polychrome X-ray source (e.g. X-ray tube)
must be underlined. Image contrast reflects the differences in X-ray absorption
probabilities between different materials. The relative difference in cross-sections
for photon interactions decreases with energy. Therefore, the detected X-ray beam
of lower photon energy produces an image with higher contrast than recorded at
higher photon energy. Hence for each clinical examinations, a compromise between
the delivered dose and the detail visibility is researched. These considerations can be
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expressed by a weight factor dependent by the energy E of the incoming radiation. To
achieve maximum DQE the weight factor proportional has to be proportional to E−3.
The integrator detectors result in a weight factor proportional to the energy deposited
, while the counting system give each signal an equal weight of 1 independent of their
energy deposition [70]. Therefore counting devices are one order of magnitude better
than the integrator ones in terms of energy dependence response.
The main limitation when using photon counting systems is given by their rate
capability: if a second photon arrives during the time required to record the previous
one, it is not detected and this gives a loss of efficiency of the detection system [71, 72].
A loss of efficiency corresponds to a loss in the contrast resolution of the imaging
system. If the detection system efficiency does not depend on the X-ray fluence rate,





where I1 and I2 are the detected intensities outside and inside the shadow of the
detail. Taking into account the efficiency loss of the electronics at high rates the








which is valid for low contrast details and is obtained by expanding in series the
efficiency as a function of the detected intensity. Cm results lower than C since the
derivative of the efficiency is negative and the contrast ranges between 0 and 1. The
difference between the theoretical and the measured contrast is a function of the
theoretical contrast itself. The loss in contrast is smaller for lower contrast details.
Finally, the noise in a counting detector depends only on the threshold level. Form
all these arguments it can be deduced the preference of photon counting devices with
respect to the integrating ones in particularly in presence of low intensities as in the
case of medical applications. However so far for clinical uses only a few counting
systems are available [74] while the integrator devices are commonly adopted. The
diffusion of the counting detector will give a great improvement in the diagnostic
quality of the X-ray imaging.
IV Front-end electronics for X-ray detection
The purpose of this paragraph is to give an overview of the read-out technique
commonly used to perform photon counting and spectroscopic imaging. However
the argument is so wide that a few pages can not be exhaustive.
In general the purpose of front-end electronics and signal processing systems is
to acquire an electrical signal from the sensor and to tailor the time response of the
system to optimize the minimum detectable signal or the energy measurement or
the event rate according to the application. Then the signal is digitized and stored
for subsequent analysis. The sensor signal is usually a short current pulse. Typical



















Figure 1.10: Basic diagram of (a) a charge sensitive preamplifier and (b) a CR-RC filter with pole zero cancellation.
scintillators. However, the physical quantity of interest is the deposited energy, so
one has to integrate over the current pulse to obtain the charge created by radiation.
This integration can be performed on the sensor capacitance or by an charge-sensitive
amplifier [75]. Overall for X-ray imaging application the read-out electronics has to
provide a good charge collection efficiency keeping the electronic noise relatively low.
The signal processing is usually performed by integrated circuits [76].
IV–1 Charge preamplifier
The first operation performed by the electronic chain is to integrate the electric
signal from the detector giving an output signal independent from the detector
capacitance and therefore providing an amplification function. A charge sensitive
preamplifier is commonly used. It usually consists in an operational amplifier (OP-
AMP) with capacitive feedback, as shown in figure 1.10(a).
We can consider that the charge Q is stored on the feedback capacitor CF and thus
the output voltage Vout results:
Vout = − Q
CF
(1.13)
This can be considered true if the voltage gain of the OP-AMP is very high. The
sensor capacitance CD is discharged by the resistive input impedance Ri of the
feedback amplifier with the time constant τi = CDRi. Hence the rise time of the
charge-sensitive amplifier increases with sensor capacitance.
Moreover a large value resistor RF is inserted in parallel with CF in order to
discharge the capacitor. The falling edge of the signal will behave like a negative
exponential with time constant τ = RF · CF .
Since the feed back capacitance is usually about 1 pF and the resistor is of the order
of some MΩ, the discharge time constant results of the order of some microseconds
and the signal needs a reshaping in order to support high rates.
It is important to notice that trying to change the RF and CF values to improve
the rate response results in higher noise when decreasing the resistance and lower
gain when decreasing the capacitor value.
IV–2 Signal Shaping
Pulse shaping has two conflicting objectives. The first is to constrain the pulse
width so that successive signal pulses can be measured without overlap (pile-up).
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The second objective is to restrict the pass-band width in the frequency domain: too
large a bandwidth will increase the noise without increasing the signal. Shaping is
usually obtained by means of simple resistive and capacitive nets behaving as a band-
pass filter [77]. An high-pass filter sets the duration of the pulse by introducing a
decay time constant. Next a low-pass filter increases the rise time to limit the noise
bandwidth. Figure 1.10(b) shows a simple CR-RC filter with pole zero cancellation.
The high-pass is often referred to as a differentiator (C1,R1), since for short pulses it
forms the derivative. Correspondingly, the low-pass is called an integrator (R2,C2).
However the exponential decay due to discharging of the feedback in the amplifier
is superimposed to the shaper output resulting in undershoot and baseline variation.
To solve these problems usually a pole zero resistor (RPZ) is placed in parallel to
the capacitor C1. The signal decay constant can be chosen short enough in order to
improve the rate capability of the detector. However if the signal decay is too fast, it
is difficult to detect the peak of the signal. Often several orders of CR-RC filters are
used in order to improve the shaping of the signal. The time decay characteristic of
the signal is called shaping time Ts and plays an important role in order to evaluate
the speed and noise performances of the system.
IV–3 Comparator and ADC
The comparator is the essential element in photon counting detector because it
performs the evaluation of the signal respect to the threshold level. A comparator is
basically given by an open-loop OP-AMP (i.e. without feedback) [78]. If the signal
V is higher than the threshold level Vthres the output is driven to the positive supply
voltage, while it is driven to the negative supply voltage if V < Vthresh. The switching
time is limited by the slew rate of the OP-AMP.
In order to stabilize the switching against rapid triggering by noise as the signal
fluctuates around the threshold level, a Schmitt trigger is often implemented [79]:
negative feedback is used to prevent switching back to the other state until the input
passes through a lower threshold voltage.
An analog-to-digital converter (ADC) provides the digitalizations of the shaper
output to allow the storing and the data analysis. For detection system the essential
ADC characteristics are resolution and count-rate performance. In fact digitization
incurs approximation, as a continuous signal distribution is transformed into a discrete
set of values. To reduce the additional errors (noise) introduced by digitization, the
discrete digital steps must correspond to a sufficiently small analog increment. The
number of output bits defines the resolution. During the acquisition of a signal
the system cannot record a subsequent signal showing a dead time. This consist of
the signal width summed to the conversion time and the read-out time to memory.
Moreover the internal baseline shifts or undershoots following a pulse cause a shifting
in the ADC answer. This effect is more relevant in radiation detector where the
rate is random distributed. The most common ADC used in detector field are the
flash ADC. A flash ADC can be designed as a net of resistors and comparators with
encoding logic [80]. The main advantage of such a device is a very short conversion
time (<10 ns available) reducing the dead time.
IV–4 Electronic Noise





Figure 1.11: Processes that lead to a loss of efficiency at high rates: when two signals pile up the loss of efficiency
happens at low threshold values, while when the baseline is not properly restored the efficiency loss is measured at
high threshold values.
shaper output as a gaussian distribution of standard deviation ENC (equivalent
noise charge). The ENC gives an estimate of the noise of the detection system and
is usually expressed in units of RMS electrons. The noise of the readout electronics
is mainly due to three terms dependent on the fabrication of the input transistor of
the preamplification stage [81]:
- Flicker noise,
- Channel thermal noise,
- Bulk series resistance noise.
All the terms are considered to be in series with the input transistor and the first
has a 1/f time-frequency dependence while the others exhibit a “white” behavior. A
complete noise analysis give as result the following expression for ENC2 [75]:








where Ts is the shaping time; Fi,Fv,Fvf shape factors given by the shape of the pulse;
CD the detector capacitance; Af the 1/f noise intensity. in is the input noise current
and regroup all parallel noise source as the leakage current of the sensor or the ’shot
noise’ of the bias resistor. en is the input noise voltage and represent the ’white’ terms
listed above.
The Eq.1.14 show the proportionality between ENC and Cd. It is evident the
necessity to have detector capacitance as low as possible. Finally plotting ENC
versus Ts a minimum is found for Ts usualluy equal to a few µs.
IV–5 Counting systems: noise and rate capability
In counting systems, the loss of efficiency at high rates is mainly determined by
signal pile-up and baseline shift. As shown in Fig.1.11 when the signals pile up, a
loss of efficiency can be observed at low threshold value, while in the second case,
where the latter signal rises upon the undershoot of the first, the efficiency loss can
be measured at high threshold value. An optimization of the threshold level is then
important in order to improve the behavior of the system and has to be made as a
function of rate and pulse height.
The ’pile-up’ effect determines a paralizable behavior of the detector, with a dead
time of the order of the shaping time, while the baseline shift effect has a mixed
behavior since its dead time is delayed from the event [82, 83].
In a counting system the noise in given essentially by the probability to have a
noise event produce a pulse height over threshold. The amplitude of noise events have
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a gaussian probability distribution with variance equal to ENC. However, since the
pulse shaper broadens each noise impulse, the time dependence is equally important.
For example, after a noise pulse has crossed the threshold, a subsequent pulse will not
be recorded if it occurs before the trailing edge of the first pulse has dropped below
threshold. Combining also the time noise distribution ( gaussian too) can be found









with QT is the equivalent charge threshold. Hence the noise rate is proportional to
the bandwidth (1/ Ts) for a give threshold-to-noise ratio. Moreover increasing the
speed of the system (Ts) will comport an increasing in the threshold-to-noise ratio
if one wants to have the same noise rate with the same ENC. These consideration
become important when high speed system have to be designed.
V Existing digital detectors
In this section a brief overview of most common digital detectors used for clinical
applications. Usually in SR field the commercial available detectors are used but
customized detectors for specific applications have been developed or are in developing
[84, 13, 4, 73, 85, 86] .
V–1 Image plate
This system is based on photostimulable phosphors and is probably the most
widely used digital system for radiography. The phosphor used is barium fluorohalide
(BaFX:Eu, where X is a halogen, usually a combination of Br and I), which contains
traps in the form of atomic energy levels of the Eu activator, where e-h pairs created
by the X-rays are stored [87]. Then the plates are read by irradiation with red light:
electrons are released from the traps and raised to the conduction band of the crystal,
subsequently triggering the emission of shorter-wavelength (blue) light. In the digital
radiography application, the imaging plate is positioned in a light-tight cassette or
enclosure, exposed and then read by raster scanning the plate with a laser to release
the luminescence. The emitted light is collected and detected with a photomultiplier
tube whose output signal is digitized to form the image [29]. The erasure of the
storage phosphor is obtained by intense illumination by visible light before it is used
again. The pixel size of image plates is usually 100× 100 µm2, but 50× 50 µm2 can
be achieved by using a higher sampling frequency. The phosphor is composed of fine
grains in order to enhance the image sharpness by reducing the structured noise.
These systems can be designed with single or double sided reading [88]. In systems
with double side reading the phosphor is deposited on a transparent support, thus the
blue light emitted can be collected on both sides. The efficiency and the sensitivity of
the system can be improved by increasing the thickness of the phosphor even if this
will decrease the spatial resolution.
V–2 Charge-coupled devices (CCDs)
The use of CCDs is well established in photographic imaging and is frequently used
also in digital radiography, where the devices are coupled to a phosphor [29, 89, 90, 91].
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A CCD is an integrated circuit formed by depositing a series of electrodes, called
gates on a semiconductor substrate to form an array of metal-oxide-semiconductor
(MOS) capacitors. By applying voltages to the gates, the material below is depleted
to form charge storage wells . These store charge injected into the CCD or generated
within the semiconductor by the photoelectric absorption of optical quanta. If the
voltages over adjacent gates are varied appropriately, the charge can be transferred
from well to well under the gates. Different charge transfer methods can be adopted
for reading [55]. CCDs particularly well suited to digital radiography because of
their high spatial resolution capability, wide dynamic range and high degree of
linearity with incident signal. However due to the technical problems and high costs
in manufacturing large area devices, these detectors are often used for stereotactic
imaging, where the field of view is only a few cm, or tiled together in scanning systems,
coupled to the phosphor via a demagnifying fiber optic taper [92, 93]. Moreover these
systems are affected by dark noise so that cooling is usually needed.
The greatest disadvantages of this kind of system are the long read out time and the
need of shielding the device from X-rays during the read out. This problems have
been partially solved with the development of scanning system with TDI (time delay
integration) read out. TDI sensors have several parallelly arranged photosensitive
lines. The visual information is synchronously moved with the movement of the
object to be scanned from one line to the following one. Beside a noise reduction,
there is much higher sensitivity [94].
V–3 Flat-panel systems
A flat-panel digital detector, in principle, could perform all current radiological
modalities radiography, fluoroscopy and fluorography [2, 29, 55, 95]. The readout
structure for a flat-panel system use the technology of large-area active matrix arrays.
It consists of a large number of thin film field-effect transistors (TFTs) connected to
individual pixel electrodes in a matrix. One advantage of these systems is that they
can be made large enough for full field digital radiography.
Two general approaches for flat-panel digital X-ray detectors are used or under
development. In the first one the X-rays are converted in visible light inside a
phosphor, which is generally evaporated directly on the sensor [96]. A photo-diode
of amorphous hydrogenated silicon converts light to electric charge on the storage
capacitance of each discrete element. The TFT is connected to a data-line for read
out and digitization. When the sensor is exposed, all the switches are in “off” state,
while during the read out the switches are activated row by row and the charge is
sent to the readout electronics where it is amplified and digitized. The detector is
thus sensitive also during the read out phase. However, acquisition rates up to 30
frames/s can be achieved [97].
The TFT and other electronics occupy part of the pixel area, thus reducing the
sensitive area of the detector. The ratio between the photodiode and the pixel size
gives the fill factor (usually between 50 and 90%), which decreases when the pixel
size is decreased. Standard pixel sizes for detectors based on such a technology are
100 µm or 50 µm, but the resolution is affected by the use of scintillating phosphors.
In the second approach, X-rays are directly detected in an amorphous selenium
(aSe) layer [56, 57, 58].
When aSe is hit by X-rays, the e-h pairs created can be guided to the photo-conductor
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surface by the applied electric field. The charge is then collected by using the active
matrix as in the previous approach.
Since the field lines can be bent, the charge is collected more efficiently and the
fill factor can be kept close to 100%. The pixel size can thus be reduced without
loss of geometrical efficiency [98]. Thanks to its high atomic number, the conversion
efficiency is quite high and this feature, together with the increased spatial resolution
due to direct conversion, leads to a better image quality at parity of dose with respect
to aSi flat panels.
The readout can also be implemented with CMOS sensor arrays [99] and selenium
can be replaced with other photo-conductors such as PbI2 and HgI2 [100].
V–4 Silicon counter array
The sensor consists in a silicon microstrip detector oriented with the strips parallel
to the incoming radiation (edge on geometry), so that the absorbing length is given
by the strip length, that can be up to several cm [4, 73, 101, 102, 70]. The pixel
size is determined by the strip pitch (down to 50 µm) times the detector thickness.
Several detectors are tiled together in order to cover a larger area. A 20 keV photon
creates in silicon about 5500 e-h pairs, which are then collected by the strips. The
charge produced by photons is discriminated from the electronics noise in a counting
modality.
V–5 Gas counter
Gas detector are widely used in several application and also for X-ray imaging.
Their use allows one to amplify the charge created by the X-rays through avalanche
phenomena, allowing the use of counting techniques. Interesting results have been
obtained with Resistive Plates Chambers (RPC) with conventional X-ray source [74].
These chambers have a thin gap filled with krypton and a strong electric field induces
the avalanche multiplication of the charge produced by the X-rays. The problem of the
low absorption efficiency of gases can also be solved by using long absorption length
in an edge on geometry, where the gas chamber electrodes are oriented parallel to the
impinging beam. This kind of detection system consists is 50 µm RPC filled with gas
at atmospheric pressure [67, 103, 104]. The X-rays convert in the RPC length with an
efficiency of about 80% and the charge created undergoes a fast avalanche before being
collected and discriminated by the counting read out electronics. The amplitude of
the signal is independent from the photon energy and the requirements on the read out
are less stringent than with semiconductor detectors, where the avalanche stage is not
present. The detector can achieve a rate capability of 107 Hz/cm2, about 1 kHz/pixel
Experimental studies on the performances of MICROMEGAS and multistage GEMs
are being carried on [104]. For SR application excellent results have been obtained
with a two line high-pressure Kr-CO2 ionization chamber use at HASYLAB [13]. In
more details it consists of a two-dimensional chamber with the electric field arranged
normally to the beam and one-dimensional strip read-out for positive ions. In the
synchrotron set up the speed of the scanning is adjusted to match the velocity of the
drifting ions such that contributions from the same part of the object are correctly




The limitations of the clinical imaging methods arise mostly from spatial resolution
and contrast detection. The use of SR has the potentiality to provide new solutions
to these problems. On the other hand to exploit all potentiality of SR imaging
techniques the detectors with high efficiency, spatial resolution and speed have to be
used. Although the the state-of-art in such a field has reached very good results, still
some efforts has to be done specially for improving the speed. This chapter had the
purpose to give a general introduction in the field of the medical imaging with SR
putting more emphasis in the detection aspect. This should help the understanding
of the problems related to the projects that will be described in the next chapters.
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chapter 2
Mammography and Tomography with
SR: MATISSE project
The MATISSE project (MAmmografic and Tomographic Imaging with Silicon
detectors and Synchrotron radiation at Elettra) aims to develop a digital detector
for breast tomography with synchrotron radiation to be used at the SYRMEP beam
line at Elettra Synchrotron Light Source in Trieste [8]. In this chapter after a brief
introduction about the conventional mammography and the tomographic imaging
techniques, the motivations, the technical details and the results obtained up to now
of the MATISSE project will be exposed.
I Mammography
The mammography is the most effective exam to prevent death from breast cancer.
Because of the causes of breast cancer are largely still unknown, it is fundamental to
detect the cancer when it is in situ or minimally invasive and before metastasis has
occurred to the point that the treatment is ineffective. Mammography (X radiography
of the breast) is used both for investigating symptomatic patients and for screening
of asymptomatic women in selected age groups.
The detection of breast cancer is based on four types of signs on the mammogram:
− the characteristic morphology of a tumor mass,
− microcalcifications, i.e. small deposition of minerals,
− distortion of normal tissue patterns and
− asymmetry between corresponding regions of images in the left and right breast.
When a radiological diagnosis is positive, i.e. a abnormality is detected and it is
supposed to represent a cancer, a tissue sampling (biopsy) is required to confirm the
diagnosis and to grade the cancer.
An imaging system suitable for mammography must provide visualization of the key
signs mentioned above. Because the breast is very radio-sensitive, the intensity of
input radiation has to keep as low as possible. This is possible by means of a
high efficiency system that uses the total radiation delivered to the organ for the
image acquisition. Moreover because an important information in the mammogram
is contained in the fine detail associated with the microcalcifications and thin fiber
radiating from tumor mass, a very high spatial resolution is required.
The conventional mammography uses a screen-film system up to now . In fact it
presents several advantages as the relatively low cost, the high spatial resolution,
generally a simple and good rendition of the information acquired (due to the
logarithmic compression of dynamic range onto the optical densities of the film).
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Anyway this system presents a lot of limitations. Some of them are due to the
detection system and they can be removed by means of a digital systems suitable
for medical X-ray imaging [55]. In particular, we remark the relationship between
thickness and blur of the screens that leads to a low efficiency, the limited dynamic
range and the noise due to the structure of the screen in combination with the
granularity of the film emulsion used to record the images. Moreover the replacing
of X-rays tube with a monochromatic X-rays source produce a big improvement in
terms of contrast resolution with the same dose delivered to the organ [105, 4]. In
fact, the monochromatic beam doesn’t occur in any ’hardening radiation’ effect as
already discussed in par.II-1.b of chapter 1.
Finally, the conventional x-radiographs suffer from spatial superposition because
they give a two-dimensional (2D) projection of a three-dimensional (3D) structure.
In fact tissue overlap makes difficult to distinguish structure in the mammogram. An
attempt to reduce such a overlap is to compress the breast but the problem is not
completely resolved1 Accordingly, different 3D-reconstruction techniques have been
developed; a briefly overview of them will be presented in the next paragraph.
II Tomographic Imaging
As said before, X-ray mammography is not able to distinguish soft tissue and to
resolve spatially structures along the direction of the X-rays propagation. This is
because the detected signal at a location on the film cassette or digital detector is
dependent upon the total attenuation of all the tissues above the location.
The most important 3D-imaging techniques are:
− conventional tomography;
− multiple-view tomosynthesis;
− Computer Tomography (CT) based on absorption contrast and its variants
(Synchrotron Radiation CT, cone-beam CT )
− Computer Tomography based on phase effects (Diffraction Enhanced Imaging
CT and Phase Contrast CT).
In the following sections, each imaging modality will be exposed with the purpose to
give the main characteristics without too many details.
II–1 Conventional tomography
In a conventional tomography a plane of interest is produced by moving the screen-
film system and the X-ray tube in opposite direction across the patient. The location
of the fulcrum plane about which the tube and the detector move determines the
location of the plane of focus. All other planes are then rendered as blurry objects
above and below the plane of interest, yielding a film with reduced impression of
structures outside a planar region of focus. The mechanical motion to accomplish this
blurring and focus method is sometimes quite complex, and includes linear, circular
and even hypocycloidal motion but the path of the tube has to lie in a plane parallel
to the receptor plane. Early tomography systems utilized a linear systems, opposing
1Breast compression presents also other advantages as providing approximately same thickness for each
breast and reducing the dose delivered.
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motion of the X-ray tube and film housing to generate a focal plane (Fig.2.1). The
tube emitted radiation continuously, and consequently the single film integrated X-
ray exposure throughout the path of motion. Due to parallax, objects in planes
above and below the fulcrum were blurred proportional to their distance from the
plane of focus, whereas objects in the focal plane appeared stationary. The resulting
tomographic images exhibited crisp rendition of the plane of interest, with anatomy
from distant planes partially blurred, and therefore suppressed.
Geometric tomography enjoyed clinical utilization until about early 1990’s, when
CT and MRI has substantially replaced older slice imaging techniques. In fact, the
excessive dose and time required for scanning a volume of interesting make geometric
tomography impractical for many examinations.
Figure 2.1: Parallel-path tomographic geometry.
II–2 Multiple-view Tomosynthesis
The development of tomosynthesis is a substantial improvement over conventional
tomography because it allows retrospective reconstruction of an arbitrary number of
planes from a single acquisition sequence [106, 107, 108].
The term ’tomosynthesis’ is most commonly understood to mean generating a set
of slice images from the summation of a set of shifted projection images acquired at
different orientations of the tube as for conventional tomography. This shift-and-add
approach takes into consideration the fact that objects at different heights above the
image receptor will be projected onto the detector at different positions when the
tube and the detector move in parallel path as shown in Fig. 2.2(a). In this geometry
the magnification of objects depends only on their height above the detector and
not on the locations of the tube or detector within the plane of their path. Under
these conditions, it is possible to shift and add images acquired during this movement
such that the structures in some plane are all made to line up and thus be in focus.
Structures in other planes are distributed over the image and consequently appear
blurred(Fig. 2.2(b)). There are other geometries of motion, which involve having
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Figure 2.2: Principle of shift-and-add tomosynthesis. (a) three position of the x-ray tube and the projected locations
of a circle in plane a and a triangle in plane b. (b) the structures in either plane a or plane b can be brought into focus
by shifting the projection images appropriately and summing them;structures outside the plane of focus are blurred.
either the tube [109] or both, tube and detector, move in an arc about some center
of motion [108]. In these geometries because the X-rays tube doesn’t travel in a line
parallel to the detector, the magnification of patient structures varies with the angle
of rotation. Different analysis [107, 108] can be performed to reconstruct the desired
structures taking in account such a problem. Since said before, it’s coming clear that
tomosynthesis can have a clinical utility when performed with digital detector. In
particular, it requires a large-area digital detector capable of a rapid read-out. The
most popular detector used for tomosynthesis is flat-panel imaging system (see par.V
in Chapter 1) specially for its high frame rate and high DQE.
Anyway, despite the tomosynthesis method requires a little computational effort
due to the simple algorithm for reconstructing, it has a big limitation due to the
superimposition between objects of interest and objects from every other plane
blurred out on the same plane. This results in lower contrast of objects in focal
plane. Several methods have developed for removing such a limitation [106]. The
impetus for using tomosynthesis in breast imaging is to improve the detection
and characterization of lesions in breast containing a great deal of overlying dense
fibroglandular tissue. Different studies put in evidence the potential benefits derived
by this technique [108, 110, 111]. Not only the detection of lesions in dense
breast at mammographic screening compared to conventional mammography, but
also the understanding of three dimensional relationship between a noted mass and
calcifications may be improved by tomosynthesis. However tomosynthesis can not
have a accuracy of volumetric reconstruction comparable to that one provided by
Computer Tomography (CT), a most powerful 3D-imaging technique.
II–3 Principles of Computer Tomography
Computer Tomography (CT) is the term generally used to characterize the imaging
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Figure 2.3: Generations of X-rays CT machines.
at several different angles or projections around a given object, may be used with
an appropriate computer program or algorithm to re-synthesize particular slices of
interest within object. Several techniques have been developed starting from the first
one proposed by Hounsfield [112] in the early Seventies, using different strategies to
acquire the profiles needed to reconstruct sections of the object [113]. For instance
the first generation tomography is based on a pencil beam of x-rays that passes
through the object and it is detected on the far side as the Fig.2.3(a) shows. After
the end of the scan through the whole object, the system composed by X-ray source
and detector is rotated around the object and a new scan can take place. These
operation is repeated up to cover an angle of 180◦. The second-generation systems
(so-called hybrid machines) used multiple detectors for monitoring a single X-ray
source, instead of a single detector. Such a detector-source configuration might be
described as a limited fan beam; however the rotate and translate motions were
preserved (Fig.2.3(b)). Presently, the mostly used tomographic system, called of
third generation, consists of several detectors lying on an arch of circumference in
front of a source producing a fan x-ray beam. Thank to the divergence of the beam
all detectors are irradiated. Source and detector array rotate together around the
patient to acquire different projections. Sometimes a translation along rotation axial
is carried out to get a traditional reconstruction of the object/patient (Fig.2.3(c)). A
further improvement is to have detectors along the whole circumference with center
on the object. In this configuration only the source has to be moved (Fig.2.3(d)).
Although with this method it is possible to reduce the artifacts [114], it is still to
much expensive. The final results of the acquiring procedure can be visualized in
a sinogram, a two dimensional image where one dimension refers to radial distance
from the center and the second dimension refers to projection angle (Fig. 2.4)
(a) (b)
Figure 2.4: Sinogram: (a) image of a cross section of the Shepp-Logan phantom and (b) its sinogram.
Using a conventional x-rays source (i.e. an x-rays tube) the profiles have to be
acquired rotating the system for 360◦ because of the divergence of the beam and
because of dependence of the hardening of the polichromatic beam respect to the
path in the object. For instance using SR it is possible to reduce the angle covered
up to 180◦ but the acquisition geometry has to be changed [115]. Moreover SR allow
to perform tomography with phase-sensitive methods, such as in-line propagation
contrasts imaging or Diffraction Enhanced Imaging (DEI) [116, 52]. Finally, thank
to the development of digital detectors in last years, specially the advent of flat-
pane devices, new CT techniques have been studied. The most interesting for breast
imaging is the cone-beam CT [6]. As a kind of CT technique, cone-beam computer
tomography(CBCT) scans a physical object using a cone of X-ray beams along a
circular orbit [6] as Fig.2.5. As a result of wide coverage of a cone-shaped X-ray
beam, the image acquisition can be completed at high speed (in comparison with
single-slice or multi-slice CT).
In particular the greatest advantages of CBCT breast imaging is that it provides
a more faithful digital version of a physical breast, preserving all the configurations
including spatial geometry and constituents contents. Particular interesting is the
possibility to separate the object volume into different tissues in terms of its density
and spatial geometry from the data taken with CBCT [6]. Anyway, up to now this
technique doesn’t have a high spatial resolution and it needs to increase the x-ray
exposure. Further improvements of hardware and software can play an important
part in overpassing of these problems.
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II–3.a Image reconstruction
Reconstruction techniques can be largely classified into two distinct groups,
namely the convolution and back-projection methods (or equivalent Fourier
techniques) and iterative methods. About the relative superiority of one algorithm
with respect to another, it was shown that each method has its advantages, and the
most important consideration is to tailor the reconstruction technique to the physics
of the imaging modality. Here the main idea of the ’filtered back projection’, the most
commonly algorithm used in CT, will be presented. The mathematical basis to resolve
the problem to reconstruct an object from its projection, dates back to the work of
the Austrian mathematician J.Radon, in 1917. Radon demonstrated mathematically
that a two- or three-dimensional object could be replicated from the infinite set of all
its projections.
Consider the situation in which an object is to be illuminated by a beam (an X-ray
beam or an electron beam) and the intensity of the beam after it has passed through
the object is measured, as shown in Fig.2.6(a). Let the distribution of the absorption
coefficient of the beam over one cross section be f(x, y) , and also the incident beam
intensity and the intensity after passing the object be I0 and Iob , respectively.






where ds is a distance element along the beam. Now, let introduce a new coordinate
system, which is rotated by an angle θ from the x-y coordinate system (Fig. 2.6(a)).
The θ-direction projection P (r, θ) is defined as
P (r, θ) =
∫ +∞
−∞






f(x, y)δ(x cos θ + y sin θ − r)dxdy (2.3)
where δ is the Dirac delta function, and r and s are expressed by the following
respective equations:
r = x cos θ + y sin θ (2.4)
s = x sin θ + y cos θ (2.5)
Figure 2.5: Principle scheme of 3D cone-beam tomography.
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(a) (b)
Figure 2.6: Random theory: 2.6(a) scheme of the coordinate system system; 2.6(b) cross section of the spectrum
obtained by 2D Fourier transformation of f(x, y).
The integral expression of Eq.2.2, which expresses the relation between f(x, y)
and P (r, θ), is called the Radon transform. Reconstructing the cross section from
projections is the inverse Radon transform.
To resolve this problem the two-dimensional Fourier transform has to be used. Given
a 2D-function f(x, y), its 2D Fourier transform is defined as








Here, using a polar coordinate ρ− θ to express F (µ, ν), then







f(x, y)e−2piiρ(x cos θ+y sin θ)dxdy (2.7)
Now, changing the variables according to Eq. 2.4, we get:







f(r cos θ − s sin θ, r sin θ + s cos θ)ds
]
e−2piρidr (2.8)




P (r, θ)e−2piρidr (2.9)
From Eq. 2.9, it can be said that the Fourier spectrum of the θ-direction projection
P (r, θ) with respect to r shows a θ-direction cross section of the spectrum obtained
by 2D Fourier transformation of f(x, y) , as shown in Fig. 2.6(b). Often this sentence
is referred as Fourier Theorem Slice. Therefore, transforming projections in all
directions and arranging their spectra in the Fourier space allows the 2D Fourier
spectra of the object to be obtained. In fact the function f(x, y) can be obtained by
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F (µ, ν)e2pii(µx+νy)dµdν (2.10)












or in other words inversely transforming the 2D Fourier spectra makes it possible
to reconstruct the cross section of the object. The function Q(θ, r) is called filtered
projection. The process mentioned above is the inverse Radon transform, which is
also called back projection in contrast to projection. It has to underline in this context
that the profiles acquired (P (r, θ)) have to be filtered in the FT space by means of
the ramp function |ρ| that gives an high weight to high spatial frequencies. Passing
to discrete case we have the profiles as P (mT, θi), where T is the sampling step and
m is the index of sampling varying from 0 to N − 1 with N total number of sampling
points. The discrete FT of P (mT, θi), F (θi,m
2W
N
















where W is equal to (2T )−1 and represents the Nyquist frequency,i.e. the maximum


























Q(θi, (x cos θi + y sin θi)) (2.14)
where K is the number of projections [113, 118].
Returning briefly to filtering operation, it sometimes useful to reduce the emphasis
given to the higher-frequency contents in the image for the purpose of reducing the
effect of noise. Several filters have developed for such a purpose, such as Shepp-Logan
filter or Hannig window [113].
Moreover, since both the filtering and back-projection are linear and shift-invariant
operations, it does not matter which is performed first. However when back-projection
is performed first, the filtering becomes a 2D operation making this approach not too
much attractive. If it is also remembered that filtering can take place in real space
(by convolution) or Fourier space, it is clear that there are many equivalent way of
performing reconstruction process.
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Beyond the convolution and back-projection methods, iterative methods can
be used. Actually these algorithms such as ART (Algebraic Reconstruction
Technique), SIRT (Simultaneous Iterative Reconstruction Technique) and ILST
(Iterative Reconstruction Technique) were very popular in the early days of CT. Now
they are no longer used for X-ray CT but they find application in other technique as
SPECT and PET. For this reason, no more space will be dedicate to them.
II–3.b Other considerations
Angular sampling
Let’s assume Nθ the number of projections in the range 0 ≤ θ < pi and a detector
having a rectangular profile of width T then ρmax =
1
T
will be the frequency when the
first zero of the spectrum of the detector response occurs. This means that after these
frequencies the spectrum will have a weight greatly reduced. If the final image has to
have equal resolution in all direction, then the highest spatial-frequency components
must be equally sampled in the radial and azimuthal direction in the neighborhood
of ρmax in the Fourier space expressed in polar coordinates (ρ, θ). Assuming Ns the
number of samples per projection, the radial sampling interval in Fourier space is
2ρmax
Ns
and the azimuthal interval is ρmax∆θ (∆θ =
pi
Nθ
). So, by equating this two





In practice, projection are taken usually over 360◦ to reduce partial-volume and other
artifacts (see below), so their number is 2Nθ. The previous relation becomes:
Nθ = piNs (2.16)
Signal-to-Noise Ratio
The mathematical operations performed to obtain a tomographic image, introduce
noise reducing the SNR. In fact, if the SNR in a planar image is proportional to
√
N ,
where N is the number of incoming photons, in a tomographic one SNR shows a
different behavior with a saturation zone for high N(assuming the noise introduced
by reconstruction technique constant)[119]. In this region an increasing in the number
of incoming photons (and consequently the dose delivered to the patient) produces
only a small increment in the SNR. Then to reduce the dose but also to have a good
SNR, the number of incoming photons has to be chosen in a region in which the noise
is determinate prevalently by the statistical one.
Partial-volume artifacts
Because the conventional X-ray beam diverges in a direction perpendicular to the slice,
a projection measured in one direction may be slightly different from the projection
taken along the same path but in the opposite direction. This provides one reason
for requiring a full 360◦ scan of the patient. Combining data from opposite directions
compensate the inconsistencies in the data.
Moreover, because in general an anatomical structure doesn’t intersect the section
at right angles it can be possible that a reconstructed absorption coefficient doesn’t
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Figure 2.7: Different set-up for tomography with SR
correspond to any real tissue.
Beam hardening artifacts
As said in the section dedicate to planar mammography, when an X-ray beam passes
through tissue the average photon energy increases, or in other words the beam
becomes harder. The principal artifact caused by this effect is a false reduction
of density in the center of an uniform object and the creation of false detail in the
neighborhoods of bone/soft tissue. Of course, several way to solve this problem have
been developed[113], but their explanation goes beyond the topic of this thesis.
II–4 Computer Tomography with SR
The main limitations for the use of a conventional CT scanner lies in the high
dose delivered to the organ of interest, which could result in high risk for the patient.
On the other hand, beam hardening artifacts in the reconstructed tomogram could
be evident, specially when using low energy spectra as, for example, mammographic
image are.
The SR allows to select a quasi-monochromatic beam, choosing the most suitable
energy for each examination, thus avoiding unnecessary dose delivery to the patient[4].
Furthermore, since the beams are monochromatic, beam hardening do not occur and
a correct mapping of attenuation coefficients is allowed, whilst when using polychrome
spectra only an average map can be reconstructed as a function of beam spectrum.
In set-up performing tomography with SR, as already shown, the source is fixed and
the sample has to be rotated to acquire the different projections. If the detector is a
large area detector, it has to be vertically translated to acquire different projection
in different lines, while for small area detector (as the detector used in the MATISSE
project), it is kept fixed (Fig.2.7). With this set-up the rotation axis of the sample
must be orthogonal to the beam-detector plane, because a non correct alignment
produces artifacts in the reconstructed image as each detail in the object could move
through several CT slice during the rotation [115]. In general the very low divergence
of the SR beam results in a parallel beam impinging on the sample. For this reason,
CT reconstruction algorithms do not require any correction for beam divergence.
II–4.a The SYRMEP results
A feasibility study of breast CT with SR is currently being on at SYRMEP
beamline at Elettra, the Trieste SR facility. Images of in vitro breast tissue samples
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have been acquired by means of a detector similar to the MATISSE detector but with
a read-out electronics slower and a pixel size of 200×300 µm2 [120].
These studies show clearly the advantages of CT using SR in terms of image
quality and dose delivery. In particular, the Fig. 2.8 shows a comparison between a
conventional planar mammography and a tomography with SR of the same sample2.
The structures of the breast are clearly distinguished in the adipose tissue background,
showing all potentiality of such a technique. Anyway a great limitation of the set-up
used results from long acquisition time needed due to avoid saturation effects of the
read-out electronics: a development of a faster one is one of the topic of MATISSE
project.
(a) (b)
Figure 2.8: Images of the same sample: 2.8(a) conventional mammogram taken with molybdenum anode X-ray tube
with molybdenum filtering at 27 KVp and 110 mAs; 2.8(b) tomography acquired at 28 KeV energy of SR beam, the
mean glandular dose (MGD) is equal to 1.6 mGy
II–4.b Phase-sensitive CT with SR
Recently, several studies demonstrated the feasibility to perform CT using phase-
sensitive techniques allowed by using a spatial coherent source like SR sources [116,
121, 122, 52]. Then the promising results obtained in material science but particularly
in medical applications have given the impulse to find adequate mathematical tools for
the reconstruction procedure [121, 122]. In fact a mathematical theory to reconstruct
a map of refractive index of an object starting from its projection acquired by means of
in-line phase contrast technique has been developed [121]. On other hands, it has been
demonstrated that tomographic reconstruction conserves refraction informations and
thus conventional back-projection algorithms can be applied in the case of Diffraction
2The MGD is calculated using a model proposed by the National Council on Radiation Protection and
Measurements (NCRP): the breast is assumed to have an external adipose layer and an internal region
composed by 50% of glandular tissue and by 50% of adipose tissue.
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Figure 2.9: Schematics depicts the conceptual beam-line
Enhanced Imaging (DEI) CT [122]. The most important results in the breast imaging
field are obtained with DEI-CT at ESRF, the European Synchrotron Radiation
Facility in France [52].Images of slices of in vitro breast samples obtained by DEI-CT
method were compared to the images acquired by conventional methods and also with
histological examinations of the samples. Thanks to the edge enhancement typical of
such a technique, structures that are too small to produce visible absorption contrast,
are detected showing a good agreement with histological examination. Further
improvements, specially in terms of dose delivery, has to be taken into account if
one wants to be implemented in vivo clinical usage of such a technique.
III MATISSE project
As said in the introduction of this chapter, the aim of the MATISSE project is
the development of a detector optimized for breast tomography with synchrotron
radiation. MATISSE is an experiment of the interdisciplinary sector of the INFN
(Istituto Nazionale di Fisica Nucleare), aiming at a pre-clinical phase of tomo-
mammographic examinations at SYRMEP (Synchrotron Radiation for Medical
Physics) beamline of Elettra, the Trieste SR facility. After experimentation on test
objects and in vitro tissues, the beamline has been upgraded in order to allow clinical
mammographic examinations, i.e. with patients .
III–1 The SYRMEP beamline
The radiation source is one of the bending magnets of the Elettra ring. Since the
radiation emitted from a bending magnet is polychrome, the beamline is equipped
with a silicon (1,1,1) double crystal monochromator, which produces a beam in the
energy range 8-35 keV with an energy resolution of about 0.2%. At the experimental
area, located approximately at 23 m from the source, the beam dimensions are defined
by a slit system: the maximum beam cross section is 20 × 0.3 cm2 ( the photon flux on
the sample at 20 keV is about 108 photons/mm2·s ). A substantial modification of the
entire beamline layout (Fig.2.9) was required to undertake the clinical mammography
project. The new conceptual layout of the beamline is presented in Fig.2.10. The
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new components of the medical facility include: the safety and fast shutters, two
identical ionization chambers (IC) used as radiation monitors, the new slit system
and the supports for the patient and the detector. The projects of the fast and safety
shutters (SS) have been developed in collaboration with the groups of the DESY
and ESRF medical beamlines. The radiation monitors are upgraded versions of the
ionization chambers working at the DESY beamline. In the next months the Italian
metrology institute for ionizing radiation (ENEA) will certify the absolute calibration
of the chambers.
Figure 2.10: Conceptual layout of medical facility
The supports for patient and detector have been designed and realized by the Cinel
company (Italy) in collaboration with IMS, an Italian producer of mammographic
units. The patient support is equipped with three motion stages: horizontal, vertical
and rotational along an axis perpendicular to the beam to allow breast tomography.
The patient will be positioned prone and the radiography of the breast, leaning out
of the apposite hole, will be performed scanning the patient vertically. The detector
holder is placed on a 2 m long linear guide and can be moved vertically simultaneously
with the patient support, to perform the scan, and horizontally, along the guide, to
reach different distances with respect to the breast. A picture of these supports is
shown in Fig.2.11.
The detector will be placed either close to the organ, as it occurs in conventional
mammography, or at distance of about two meters, in order to exploit the phase
contrast effects. As detector the use of screen-film system is foreseen. Anyway, the
digital detection system that is under development, will replace the film system to
allow tomographic images acquisition. A series of motion stages provided by MICOS
will be used to align the digital detector to the beam integrating the detector in
the patients beam line (Fig.2.12). The system allows a vertical movement with
micrometric precision, rotational ones along the main axes of horizontal planes and
finally a manual rotational movement along the vertical axis. A remote control by
means of serial port has been already developed.
The mammographic facility at SYRMEP is under commissioning. In order to
perform in vivo examinations on patients, authorizations from the Local Ethical
Committee and the Italians Ministries are necessary.
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Figure 2.11: The lower part of the support for patient with the linear guide for the detector holder.
Figure 2.12: Sketch of the alignment system of MATISSE detector at SYRMEP beam line
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The positive evaluation of the Ethical Committee has been obtained in June 2004.
At the moment the technical documentation required by the Ministries has to be
completed.
III–2 General description of the detection system
The detection system is based on a silicon microstrip detector with read-out
electronics operated in single photon counting mode [8]. The final design of the
detection system foresees a sensitive area of about 23 × 0.1 cm2 obtained by using
two layers of silicon microstrips sensors aligned in a back-to-back configuration. Each
layer consists of two wafers of silicon sensor having a thickness of 300 µm, a strip pitch
of 100 µm and length of 13 cm and 9 cm respectively. By means of bounding procedure
the sensors will be connected to the front-end electronics laying on a PCB (Fig2.13).
The front-end electronics chosen to read the electrical signal produced by X-rays beam
in the sensors has been provided by IDEAS ASA (Norway). It consists of two ASICs:
va64 tap and ls64. The first one has 64 parallel analog input with parallel digital
open drain outputs.The ls64 works as parallel level shifter and is directly bonded
to the va64 tap The counting and the interfacing functions will be implemented by
means of Altera APEX20K FPGAs. The acquisition is controlled by a VME I/O
register interfaced with a PC. Here, in order to facilitate the understanding of this
part, the main constraints for this project will be summarized showing how they had
determined the detector properties.
III–2.a Field coverage and geometrical characteristics
As mentioned in the chapter 1, the imaging system must be able to record the
transmitted x-rays over the projected area of the anatomy under investigation. In the
case of planar mammography usually is required an image field of 18 × 24 cm2 [55].
In the SR set-up to reach such a image field, the detector has to match the dimensions
of the laminar beam at the patient station, i.e. 20× 0.3 cm2. Finally, scanning the
breast through the beam for few seconds (about 6) it is possible to get the entire
image of the dimensions required (about 18÷20 cm). The scanning time is due not
only to the maximum speed of the patient support(up to 4 cm/s) that can be reached
without any risk for the patients, but also taking into account the dose to deliver
to the breast and the rate of th read-out electronics. In the tomography case, for
a correct image reconstruction the field of view of the detector has to be bigger (at
Figure 2.13: Sketch of final MATISSE PCB:(1)silicon sensors settled in two layers;(2) front-end ASICs;(3) FPGAs
chips;(4) connectors to supply power and to pass signals from/to VME register.
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least equal) than the maximal dimensions of the organ.
For all these reason the dimension of the sensitive area of the detector have to
be at least of 20 cm of width. Because the silicon sensors provided by Hamamatsu
company, consist of wafer with width varying between 9 to 13 cm, to reach the desired
width two wafer have to place side by side. A space between the two wafers has to be
left causing a dead region. This problem will be solved adding another layer under
the first one with the dead space misaligned respect to the first one. In this way the
missing data can be obtain by interpolation. As last consideration in this section,
it has to remarked that this ’laminar’ design of the detector assures the scattering
rejection if the sensitive area is located to match the beam. Otherwise, displacing
completely or partially the detector respect to the primary beam, small angle or
mixed imaging techniques respectively can be performed as described in par II-2.c of
chapter 1 [123, 44].
III–2.b Quantum efficiency and sensitivity
The silicon used as sensitive material with the direct conversion of X-rays
in electrical charge guarantees a spatial resolution given essentially by the pixel
size. Moreover silicon has an high sensitivity expressed by a low w (3.6 eV), the
energy necessary to release an electron-hole pair (Tab.1.1 in chapter 1). This for
mammography applications, where the energy is in the range 17-30 KeV becomes of
fundamental importance in order to achieve a high SNR. Certainly also the quantum
efficiency η must be high, ideally 100%, to create the image using all ammount of
radiation delivered to the patient. Unfortunately the absorption length of silicon
in the energy range 10-100 keV is of the order of one mm so that only a small
fraction of the X-rays are converted in the commonly used 300 µm thick detectors
when the radiation impinges on the surface of the detector (face on configuration).
This problem can be solved by orienting the detectors with the strips parallel to the
incoming X-ray beam [9]. The absorbing thickness is therefore given by the full strip
length l, that can be of several cm. The main limitation on the efficiency of the
detector is given by the size of the undepleted region which is present in the entrance
window of the detector between the end of the strip implants and the edge of the
detector. The thickness of this region is mainly defined by the distance d between
the end of the strips and the scribe-line. This cutting distance is usually about 1.5
times the wafer thickness in order to limit the leakage current due to the cut, but
can be reduced by using innovative fabrication methods [124, 125]. The size of the
undepleted region is usually smaller than d and can be tuned by changing the bias
voltage of the detector [126]. Fig.2.14(b) shows the efficiency of a detector having
1 cm long strips and standard cutting distance of 450 µm.
III–2.c Dynamic Range
For defining the range of operation of our detector we consider that having a
number of photons of the order 104 (shared between the two layers) for each projection
it is enough to keep the statistic fluctuations (about 1%) adeguate for measuring a
contrast of the order of a few percents. Anyway, in order to use the system also to
perform planar images with more statistics we decide to set our dynamic range (give




















18 20 22 24 26 28 30 32 34
(b) Efficiency
Figure 2.14: (a) Schematic of the edge on geometric configuration.The cutting distance is indicated with d. (b)
Efficiency of a 1 cm strip long detector in edge on configuration with 450 µm cutting distance.
III–2.d Noise and spatial resolution
The main constraint given for the spatial resolution is the ability of the system to
detect small lesion with low contrast. By means of a silicon microstrip detector with
a pitch of 100 µm and a parallel radiation beam a spatial resolution required (100 µm
for the horizontal coordinate while the thickness of the silicon wafer -300 µm- gives
the size in the vertical direction3) can be achieved.
In order to detect low contrast lesion, the system should have not noise in principle.
The choose of a single photon counting read-out electronics goes in this direction,
specially when the number of counts is relatively low (see par III-3 in chapter 1). In
fact, fixing the threshold in a opportune value it is possible, in principle, to remove
the contribution of the noise from the signal.
III–2.e Rate capability
The speed of the system is an important characteristic specially for diagnostic
imaging applications. The examination should be as short as possible in order to
avoid movement artifact but at the same time long enough to acquire enough number
of photons to obtain the desired contrast resolution.
For tomography, the speed required to have a contrast resolution of a few percent
with an acquisition time for each projections of 10 ms, is of the order of 400 KHz for
each pixel.
In this way a complete set of projections (about 180 ) could be executed in less
of 2 sec. Anyway because the SR set-up requires the rotation of the patient, the
principal limitation for the speed will be the maximum speed of the rotation that
3Using techniques as dithering the spatial resolution long the vertical direction can be improved
easily [55, 45].
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the patient can tolerate. With this consideration a rate of 300÷350 KHz matches
completely the requirement for breast tomography.
III–3 The microstrip sensor
Silicon microstrip detectors are largely used in many fields of physical research [81].
These detectors were originally designed to detect charged particles in high energy
physics experiments. Then they became very popular also for X-ray applications. In
particular, although the big efforts in searching new materials for solid state detectors,
the silicon sensor are still the mostly used thank to the wide diffusion of the techniques
to produce them.
III–3.a General properties of Silicon detectors
Semiconductors are crystalline materials whose outer shell atomic levels exhibit
an energy band structure with a small forbidden gap. Charge transport in a
semiconductor is due to both electrons and vacancies (holes). The number of intrinsic
charge carriers depends on the temperature and on the energy gap between valence
and conduction band in the material. In silicon the energy gap is 1.1 eV and the
intrinsic carriers concentration at room temperature results 1.5 · 1015 cm−3 [127].
In pure semiconductor crystals the number of electrons is equal to the number of
holes in the conduction band. This balance can be changed by introducing a small
amount of impurity atoms having one more (donors) or less (acceptors) electron in
their outer atomic shell. A semiconductor doped with donors (n-type semiconductor)
has electrons as majority carriers, while when the dopant is an acceptor (p-type
semiconductor) the majority of charge carriers are holes [25, 128].
All semiconductor detectors are based on the formation of a junction, usually obtained
from the juxtaposition of an n-type with a p-type semiconductor [81, 82, 83]. Because
of the difference of the Fermi level in the two materials, electrons drift to the p side,
while holes drift to the n side. The result is a charged region depleted from charge
carriers near the junction. This region is known as depletion region, or space charge
region.
The depletion depth can be tuned by applying an external potential to the sides
of the junction. When a positive voltage is applied to the p-type and a negative
one to the n-type side (direct-bias) the depletion region size will decrease until the
semiconductor start behaving like a conductor.
At the opposite, when a reverse bias is applied (negative to the p-side and positive
to the n-side) the depletion zone will be enlarged. The potential difference V will
be given by V0 + VB where VB is the external reverse bias voltage applied and V0 is
contact potential4. It can be shown that the depletion region is proportional to
√
V.
The depletion layer has also a certain capacitance, that can be easily calculated as
the capacitance of a plane plates capacitor with distance equal to the depletion depth
d and is inversely proportional to
√
V, reaching a constant value when the detector
is fully depleted.
When a charged particle crosses a p-n junction (or a photon is absorbed in it)
4The charge distribution in a n-p junction generates a built-in electric field and consequently a voltage
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Figure 2.15: Structure of a simple variant of microstrip detector. A charged particle crossing the detector and creating
charge is represented with the dashed line.
the deposited energy creates e-h pairs, that start drifting to the electrodes under the
influence of the applied electric field.
The bias is usually chosen so that the depletion region extends throughout the silicon
bulk in order to maximize the size of the region sensitive to radiation and to reduce
the noise.
III–3.b Microstrip detectors
The junction can be segmented as in microstrip detectors, in order to obtain
position resolution and decrease the sensor capacitance. The charge cloud drifts
to the closest strip (Fig.2.15) and all the strips behave as independent junctions.
Common strip pitches are as low as 50 µm and the resolution is almost independent
from the strip width. Common microstrip detectors consist in highly doped p strips
(p+ doping) on the surface of n doped bulk. The fabrication techniques of silicon
detectors are described in detail in [81].
The strip capacitance Cstrip is given by the sum of the junction capacitance and
the inter-strip capacitance. The first one depends on the strip width, while the second
one depends on the inter-strip distance (i.e. difference between strip pitch and strip
width). The inter-strip capacitance is usually at least one order of magnitude higher
than the junction capacitance. Electrodes are deposited on the strips. Sometimes the
strips can be AC coupled to the read out electronics by interposing an oxide layer
between the strips and the metal. The coupling capacitance is much higher than
that one of the strip and can be neglected in the total calculation since the two are
connected in series.
The strips can be biased through resistors connected to a common bias line. The
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Figure 2.16: (a) Average leakage current density of the MATISSE sensors and (b) total leakage current for two
detectors of type det4 with different cutting distance.
in order to obtain good noise performances and avoid cross talk between the strips.
A n+ doped layer is needed on the backplane of the detector in order to apply the
positive bias voltage.
III–3.c Noise properties
The noise of a microstrip detector is mainly due to three terms [129]
− Shot noise created by the leakage current of the detector, mainly due to the
intrinsic leakage current Idark flowing through the junction.
Idark is given by the sum of three terms: the surface current; the diffusion current
due to the carriers diffusion from the undepleted regions of the semiconductor
and the bulk current due to the charges thermally generated in the depletion
region under the effect of the electric field.
− Thermal noise from the detector biasing resistors. The spectral current density
is proportional to the inverse of the resistance value and is negligible when the
potential drop across the bias resistor due to the leakage current is of the order
of 50 mV [130].
− Series resistance noise due to the metal strip resistance. The spectral power
density is proportional to the strip resistance.
The leakage current and biasing resistors component introduce parallel noise, while
the strip resistance introduces thermal serial noise.
All the three sources of noise are white i.e. do not depend on frequency.
III–3.d MATISSE sensors
The MATISSE silicon microstrip detectors have been manufactured by






Figure 2.17: Design of the detectors and picture in detail of a corner of the sensor. The guard ring is on only three
sides.
of detectors were designed on the same set of masks. All the detectors are 300 µm
thick. The strip pitch can be 50 µm or 100 µm, the strip length varies between 1 cm
and 2.1 cm. The width ranges between a few centimeters (for detectors used for test
purpose) and 13.5 cm.
Thanks to the high resistivity of the wafer (>4 kΩ) and to the good quality of the
fabrication processes, the leakage current results lower than 10 nA/cm2 in all wafers
for bias voltages up to 100 V, as shown in Fig.2.16(a).
Full depletion is reached at about 40 V, but the detectors are operated at 60 V in
order to reduce the size of the undepleted region and increase the charge collection
efficiency of the sensor. The detectors have been designed in order to minimize the
undepleted region in the entrance window of the sensors. For this purpose, they
have a guard ring on only three sides, as shown in Fig.2.17. The distance between
the border of the detector and the bias ring ranges between 240 and 440 µm. No
significant difference in the detector leakage current has been measured in detectors
with different cutting distances, as shown in figure 2.16(b) [73].
The detectors have been designed and fabricated in order to limit the sensor noise
contribution to the overall ENC. In particular since the ENC due to the resistance
of the metal strip is the biggest component, great care has to be taken in controlling
the strip resistance in order to operate the detectors at high rates5.
Cstrip is mainly determined by the strip width, from which depend both the
junction and the inter-strip capacitance. In order to limit the capacitance without
compromising the charge collection efficiency of the detector, the strip width has been
set to 2/3 the strip pitch, so that Cstrip is of the order of 6 pF for 2 cm strip detectors.
The read out electronics is AC-coupled and the coupling capacitance are 70 pF for
50 µm and 160 pF for 100 µm strip pitch. In both cases the coupling capacitance
is higher than 10 times Cstrip, in order not to increase the detector capacitance. DC
pads are also present.
III–4 The front-end electronics
The read out electronics consists of the va64 tap and ls64 ASICs by IDEAS ASA
(Norway), fabricated in 0.8 µm CMOS technology [132, 133]. The va64 tap has been
originally designed for the readout of the hybrid photo-diodes of the ring imaging
Cherenkov detector of the BTEV experiment at Fermilab (USA) [134].
5The component of ENC due to the resistance of the metal strip is in series and consequently inversely
proportional to the square root of the readout electronics peaking time Ts.
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The va64 tap ENC specification is 500 e− with a detector capacitance of 10 pF, that
should allow a SNRsignal of 10.
The layout of a channel is shown in Fig.2.18. The preamplifier together with the
selectable gain-stage can reach a gain of 100 mV/fC. The output is filtered by a CR-
RC fast shaper with a peaking time of 75 ns. Each channel has a discriminator, with a
4-bit DAC to reduce threshold spread. The ASIC has 64 parallel trigger outputs (one
per channel) encoded as a current, and should be terminated with low impedance.









Figure 2.18: Layout of a MATISSE channel.
enabled with digital configuration register of the va64 tap.
The gain and the shaping of the signal and the time duration of the output logic
signals can be tuned by means of external analog signals.
The outputs of the va64 tap are directly bonded to the ls64 ASIC, as shown in
figure 2.19. The ls64 works as 64 parallel level shifters, converting the logic signals
from a current open drain logic into LVTTL levels (i.e. 0-3.3 V)
The parallel digital outputs are then fed into a Programmable Logic Device (PLD)
that carries out the counting and read out functions. The devices chosen are
Field Programmable Gate Array (FPGA) APEX 20K by Altera [135]. By means
of ’VHDL’6 programming language [136, 137], the FPGA functionality has been
6Very high speed integrated circuit Hardware Description Language


















































Figure 2.20: Scheme of the read out blocks of the MATISSE detector.
implemented to perform the control of the acquisition systems as it will be illustrated
in the next paragraph.
III–5 The data acquisition system
The acquisition process can be divided in three main blocks as shown in Fig.2.20.
The first one represents the va64 tap configuration register. Sending a string written
serially to this register, it is possible to select the activation of the gain stage, the
threshold polarity and the enabling of the global trigger output and of a circuitry for
the compensation of the detector leakage current [132]. Moreover other functionalities
can be activated: enabling a single-channel test modality, disabling some channels
and adjusting the 4-bit fine threshold on a channel by channel basis. The register
provides a serial output in order to daisy chain the ASICs. The setting of the global
threshold value is carried out by a digital potentiometer (second block in Fig.2.20).
An incremental Digital-to-Analog Converter(DAC) has been used [138].
The third block describes the main part of the acquisition process performed by the
FPGA. It is programmed in such a way to have a configuration register, that allows
to select the acquisition time ∆t by serially introducing a binary string corresponding
the the number of timing clock counts given in the time slot. The timing clock is
obtained by means of a 4 MHz quartz oscillator. In fact the function of timer is
implemented by a simple counter that counts the timing clock pulses and enables
the acquisition for a time equal ∆t. When it has passed, the timer disables the
counters and produces a Look-at-Me (LAM) signal. As said before, the FPGA has to
perform the counting function for each channel. A 16-bit counters are implemented
by using VHDL library programs provided by Altera [137]. The counter is reset at
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Figure 2.21: Flowchart of the acquisition of the MATISSE detection system.
counter input pulses are the detector outputs or, in case the test modality is enabled,
a digital signal common to all channels. Whenever one of the counters reaches the
maximum value (in this case 216 − 1) an overflow signal is generated. Finally for the
serial read out of the counters loadable shift register has been implemented. After
the shift register is loaded, the timer and counters are reset.
In order to implement the shift register more efficiently, it is subdivided in 16-bit shift
registers (one per channel) that are enabled one at a time. Thanks to this solution it
is possible to operate large shift registers, that would not work otherwise because of
the propagation delay of the shift-clock signal.
Fig.2.21 shows the flowchart of the acquisition. With this architecture the counting
and readout operations can be performed simultaneously and the acquisition can be
stopped in every moment. The process on the left is completely controlled by the
user, while the one on the right is executed in background by the FPGA.
Since the FPGA is completely configured via software, its functionality can be
modified with the only restrictions given by the device connections.
IV Measurements
The multilayer printed circuit board have been designed by INFN Trieste and
produced by Ilfa (Germany) in order to test the ASICs. The system assembly and
ASIC bonding have been performed by MIPOT (Italy).
The printed circuit board (PCB) shown in Fig.2.22(a) (MATISSE repeater) has been
developed in order to distribute the power supplies and the logic signals to the ASICs
and FPGA. On the PCB beyond to the quartz oscillator that generates the timing
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(a) Repeater (b) VME I/O register
Figure 2.22: (a) Picture of the MATISSE repeater and (b) of the VME 16 bit I/O register.
clock signal, the DAC for the ASIC global threshold settings, an EPROM7 is mounted.
The EPROM is a configuration device that downloads the read out implementation
on the FPGA every time the power is turned on [139]. It can be reconfigured with
the appropriate software by means of a JTAG connector mounted on the repeater.
Since every configuration device can program up to 8 identical FPGAs at a time,
the repeater can be used to control multi-ASIC and multi-FPGA systems. The whole
acquisition is controlled with the VME 16-bit I/O register (Fig.2.22(b)) [140]. By
means of a GPIB bus a remote control of detector power supply, of the pulse generator
and of the oscilloscope has been implemented in the acquisition program [141]. It
has been written in C and the GTK library has been used for the graphical user
interface [142, 143]. As already mentioned in par. III, a micrometric positioning
system (Fig.2.12) has been designed for the alignment of the detection system with
the beam plane. A remote control of this system has been also carried out in the
acquisition program using a serial RS-232 interface.
Up to now two prototypes have been assembled: the first one has a single ASIC8,
i.e. 64 channels while the second one has 6 ASICs for a total sensitive width equal to
3.84 cm (Fig.2.23).
Both of them have been bounded to microstrips silicon wafer having a pitch of
100µm. The last circuit is a good candidate to become the module that will constitute
the final detector by means of replication of this scheme up to reach the desired
dimensions. Some preliminary tests were performed with these prototypes.
7Erasable Programmable Read Only Memory
8For this first prototype, the MATISSE repeater had not been designed yet, and a general purpose PCB
was used to distribute the power supplies, whilst the EPROM and most passive components are placed on
the detector PCB.
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Figure 2.24: Schematic layout of the readout system.
IV–1 Test bench
The experimental setup is schematized in Fig.2.24 where the oscilloscope is used
to check the trigger output from va64 tap ASICs. Pulses of various frequencies have
been injected through the va64 tap analog inputs in order to test the ASIC efficiency
response at high frequencies. The counted pulses linearity was optimum and no
efficiency loss was observed for pulse rates up to 3.5 MHz, as the plot in Fig.2.25,
obtained with the single ASIC prototype shows. This high rate should allow to
perform an examination exploiting the whole synchrotron radiation flux. Using the
same experimental set-up threshold scans have been acquired. In this measurements
stair pulses of different amplitude have been injected using the calibration inputs in
order to measure the ASIC gain. The input charge has been evaluated using for the
internal calibration capacitance the nominal value of 1.8 pF.
Fig. 2.26(a) shows threshold scan for one channel for different amplitude of the
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Figure 2.25: Rate response of the detection system using pulses injected in the va64 tap inputs.
versus the flex point position9. The gain corresponds to the angular coefficient of such
a line and the offset to the intersection with the y axis. Unfortunately from these
measurements the calibration capacitance doesn’t seem to be in agreement with its
nominal value. In fact the obtained gain is equal to 75 mV/V while using the nominal
capacitance value (1.8 pF)it is 42 µV/fC. This value is 3 orders of magnitude less than
expected while the test with the X-ray have not confirmed a so low value for the gain.
Other groups using the same front-end electronics have confirmed such a result [144].
IV–2 Test at SYRMEP beamline
After preliminary measurements using an X-ray tube with molybdenum anode,
the system has been tested at the SYRMEP beam line. Images of a mammographic
test object have been acquired at the SYRMEP beam line at Elettra. The energy
chosen (25 KeV) is suitable for CT examinations of thick breasts, which are performed
at energies higher than planar mammographies. The Fig.2.27(a) shows a image of a
C/D phantom (Gammex,RMI 180) for evaluating the ability of the system to measure
contrasts. The phantom consists of plexiglas disks of different thicknesses, whose
theoretical contrast can be calculated by using the attenuation coefficient of plexiglas.
Fig. 2.27(b) shows the measured contrasts for the disks, which result close to the
theoretical ones. As the Fig.2.27(a) shown, the disuniformities between channels are
strong and many channels do not work properly. Also an instability is evident in some
zones of the detector. A further optimization of the ASIC’s parameters has to be done
in order to improve the performances of the detector for reaching the characteristics
of low noise and high speed requested by the project.
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Figure 2.26: (a): Threshold scan of one channel of the MATISSE prototype with 384 channels at 40 KHz and with
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Figure 2.27: Results obtained at SYRMEP beamline:2.27(a) Image of a CD phantom at 25 KeV; 2.27(b) plot of the
contrasts calculated with the data coming from that image in function of theoretical ones.
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V Future work
The first results obtained with the MATISSE detection system are promising in terms
of the rate response and the noise capability, however some work is still needed in
order to optimize the performances of the 384-channels prototype. After solving the
problems of this prototype, to complete the development of the detection system
sketched in Fig.2.13 other steps has to be done:




− integration of the detector in the SYRMEP beamline apparatus.
Some work has been already done for the first point of the list above.
V–1 ASICs Test
Since the yield loss of the ASIC production is about 10%, a test system has been
developed to avoid the presence on the final system of ASICs working not properly
and eventually their replacing. The testing system consists of a probe station and two
probe-cards (one per ASIC type). They have been already produced by Technoprobe
(Italy) as shown in Fig.2.28. In the design of the two PCBs, a particular care for
limiting the noise has been taken in consideration. The probe density is very high
since the minimum distance between the pads of the ASIC is 80 µm.
(a) va64 tap probe-card (b) ls64 probe-card
Figure 2.28: Picture of the (a) va64 tap and (b) ls64 probecards.
A program that allows an automatic test of the ASIC has been written in C with
GTK graphical interface (Fig.2.29). The defined test protocol is going to:
− measure the power consumption of the ASIC;
− scan the configuration register of the va64 tap;
− perform a threshold scan for each channel with pulses injected in the calibration
pad or in each channel input.
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The remote control of the pulse generator, the multimeter and the oscilloscope has
been implemented via GPIB bus [141]. Moreover the program foresees the possibility
to choose a complete automatic procedure or a manual procedure (step by step.)
The tests will possibly give interesting informations also concerning the ASICs optimal
operation parameters.
Figure 2.29: A screenshot of the program using to test the ASICs. Both automatic and manual routines have been
implemented
V–2 New DAQ
Due to the large data amount that has to be transfered for each acquisition step
(2000 channels × 16 bit), the time needed for serial read out would result much larger
than the counting time slot, leading to a non negligible dead time in the acquisition.
Hence a new DAQ system has to be implemented. The general idea is to design a
custom VME board with larger data input connector (at least 64 bit) and a memory
capable of store all the data of a complete examination. With these configuration
the data will be rapidly transfered from the FPGA on the detector PCB to the DAQ
board, with a clock given by a quartz oscillator of several MHz. Finally the data will
be collected by the user with the time delays due to the 16-bit data bus and clock
speed of the VME bus used.
V–3 Final assembling and integration in the beam line
The 2000 channels detection system will be designed taking in care particularly
the noise performances. Three single layer prototypes will be assembled and the two
with the best performances will be chosen and mounted back-to-back in order to
build the final system. The mechanical requirements of the final assembly are the
main constraints for the design.
Because the SYRMEP beamline will be the first synchrotron light facility to perform
in vivo breast examinations, an original safety system has been developed [5]. It
embeds different shutters for stopping the beam in emergency case and the control of
the patient support as well. Even though in the first step a screen-film system will
be used as detector, the safety system already foresees to integrate the MATISSE
detector. The detection system will be able to communicate with the control and
safety systems of the mammographic station.
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VI Summary
In this chapter the work done within the MATISSE project has been described The
final goal of the project is to produce a detection system optimized for clinical breast
tomography with SR. The system adopts silicon microstrip sensor in edge-on geometry
combined to a single photon counting read-out electronics consisting in a commercial
ASIC (provided by IDEAS). The silicon sensor give a pixel size of 100×300 µm2
while the front-end electronics guarantees a low noise level and a rate capability up
to 400 KHz. The last characteristic is crucial for performing the examination in a
short time without lose contrast. The examination protocol foresees a time of few
seconds (6-10) to scan a region of interest of 1-2 mm. Several projection (about 100)
for each slices have to acquire in a time of the order of 10 ms. To allow a contrast
visibility of a few percent a statistics of 104 is needed. Because, as already described,
the final detector will consist of two 23 cm-wide layers where the data coming from
the different layer will be interpolated, the required rate capability for each pixel is of
the order of 400 KHz. High gain and low noise are the characteristics needed in order
to discriminate the X-rays signal (the charge created by a photon is of the order of
1fC). A good efficiency response at high counting rates is needed in order to limit the
time duration of the examination to a few seconds.
These requirements are met by the va64 tap and ls64 ASICs by IDEAS ASA
(Norway). The ENC specification is of 500e-, that guarantees a SNR of 10:1, while
the peaking time is of 75 ns.
The va64 tap has 64 parallel analog input with parallel digital open drain outputs.
Each channel consists of a charge preamplifier and of an optional gain stage, followed
by a shaper AC coupled to a comparator with selectable threshold. The ASIC has a
global threshold setting for the chip and a fine tuning individual channel threshold
by means of a 4 bit DAC.
The ls64 works as parallel level shifter and is directly bonded to the va64 tap.
The counting and the interfacing functions have been implemented by means of an
Altera APEX20K FPGA. A parallel counter with loadable shift register has been
implemented for each counter. The acquisition is controlled by a VME I/O register
interfaced with a PC. The acquisition program is written in C with GTK graphical
interface and controls also the motion of the sample.
The first prototypes of the MATISSE detector have been tested with good results
in terms of rate response. The last prototype has a sensitive area of 3,84 cm (384
channels). The preliminary tests with such detector have been performed giving
promising results although further optimization is needed in order to achieve the
desired specifications for the detector in terms of stability and noise. Further
improvements are also required in the data acquisition system to match the speed
constraints. The development of a two layers 23 cm detection system is expected
before the end of 2005.
Finally the detector will be integrate in the control and safety system of the
SYRMEP beamline to perform clinical examinations
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chapter 3
SR Non-Invasive Coronary Angiography
The aim of ’Angiography project’ is the development of a non-invasive diagnostic
method for cardiac diseases using synchrotron radiation at ESRF in Grenoble. It is
based on the non-invasive coronary angiography with K-edge subtraction of a contrast
agent [11].
The institutions involved in the project are:
− University of Siegen (Germany);
− European Synchrotron Radiation Facility, Grenoble (France);
− CHU and Unite´ IRM, Grenoble (France);
− FH-Heilbronn (Germany);
− University Hospital, Essen (Germany);
− University Hospital, Homburg, Saar(Germany);
In this chapter the motivations, the main characteristics and the results up to now
obtained in the Angiography project will be explained. In Appendix A a medical




Heart diseases caused by arteriosclerosis and subsequent blood flow restrictions to
the myocardium are one of the major causes of severe life threat in industrialized
countries and account for about 50% of death. Effective treatment and global
cost reduction depends on early and precise diagnostics. A detailed analysis of the
processes involved shows that indeed, a close relationship is found between the degree
of epicardial stenosis and the blood flow reserve and it is clinically strongly related to
the frequency of symptoms of cardiac disease. Therefore the degree of the stenosis1
is an important parameter and generally the target of diagnosis. This is perfectly
established by the method of selective coronary angiography which is considered as
’gold standard’. However, in a number of cases the clinical symptoms cannot be
explained sufficiently by the degree of stenosis in the coronary arteries. In 15-20% of
patients with typical angina pectoris or evidence for ischemic myocardium in stress
tests show no visible alteration of coronary arteries.
This ’Microvascular Angina’ has been shown to be associated with a reduced long-
term prognosis [145]. In any case, the re-installation of blood flow by bypass
1A site in an artery where it is narrowed.
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surgery, balloon dilatation or stent2 implantation prevents immediate death of the
patient but the long term prognosis and optimum treatment should include the
functionality of the left ventricle representing an independent diagnostic value [146].
The striking reduction of life expectancy after revascularization as compared to the
normal population asks for further improvement of the treatment and the associated
diagnostics.
I–2 Diagnostic state of art
As said before, selective coronary arteriography is the standard of reference for
the imaging of coronary anatomy and for establishing the presence, site and severity
of coronary artery stenosis. The technique requires that a catheter (2 mm diameter)
is introduced via the arm or leg (right brachial or femoral arteries) and guided to
the aorta and to the beginning of a coronary artery. A contrast agent, usually iodine
at 370 mg/ml, is injected and a series of images recorded using a conventional X-
ray generator and an image intensifier. If the stenosis is not too severe, coronary
angiography is followed by balloon-tipped angioplasty.
The introduction of the contrast medium directly into the coronary arteries is
necessary to achieve the required iodine concentration. The image quality can be
enhanced by utilizing digital subtraction angiography (DSA) in which a series of
images are recorded before introduction of the iodine contrast and synchronized to
the contrast enhanced images by means of an ECG trigger. The iodine free images
are then digitally subtracted from the images recorded after the iodine administration
thereby eliminating the non-iodinated structures. Unfortunately, patient movement
and lack of repeatability in the heart motion limits the enhancement offered by DSA.
Nevertheless the images are often of very high quality and enable all parts of the
coronary arteries, including bifurcations down to a diameter of less than 1 mm to be
visualized. The figure of 1 mm is significant because intervention is not possible on
vessels smaller than this.
However, the procedure is invasive (involving the insertion of a catheter into an artery)
and expensive, causes complications and even mortality (0.1 0.2%) and it cannot
be used as a routine diagnostic method for screening or follow-up studies [31, 3].
Therefore, efforts have been made to image coronary arteries, coronary stents and
bypass grafts without risk and in an ambulatory way by non-invasive or minimally
invasive methods.
The most promising are [31, 147]:
− Electron Beam Computed Tomography (EBCT);
− Multislices Computed Tomography (MSCT);
− Cardiac Magnetic Resonance (CMR);
− Synchrotron radiation angiography with K-edge subtraction.
The Intravascular Ultrasound technique (IVUS) is not taken in account because
during its performing an ultrasound transducer is attached to a catheter and guided
through the coronary arteries, where it sends and receives sound waves to create a
detailed images of the inside of the vessel. IVUS is used to provide specific information
2The stent is a tube of mashed metal that is put into an artery after coronary angioplasty in order to
keep the artery wide.
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about the coronary artery blockage, including its location, size and shape. Of course
it presents some advantage (i.e. the possibility to perform angioplasty during the
examination) but it cannot be considered properly as non-invasive. A section fully
dedicated to the diagnostic technique based on SR will follow a brief description of
the advantages and disadvantages of the techniques mentioned above.
I–2.a Electron Beam CT
EBCT has been the CT method of choice for imaging the heart for the last 10 years
or more. Unlike conventional CT, which uses a rotating X-ray tube, EBCT uses a
static row of detectors and a moving beam of electrons to produce the X-ray photons.
The advantage is a rapid image acquisition time of 50÷100 ms per slice giving a
high temporal resolution. This technique has been used to quantify coronary calcium
burden and more recently to perform contrast enhanced coronary angiography.
A recently interesting application of it is the study of coronary microvascular
functionality in animals. Further details will be provided in par. I-5.b, because the
dynamic measurements proposed by ’SR Angiography’ project move from the results
obtained with EBCT [148, 149, 150]. The disadvantages of EBCT are the poor signal-
to-noise ratio and the increased slice thickness compared with conventional CT, the
lack of general availability of EBCT, and the radiation dose compared to CMR [147].
I–2.b Multislice CT
Usually MSCT is performed using scanners developed from single slice helical (or
spiral) CT. A single rotating X-ray tube provides a beam of photons that is then
received by several rows of detectors3, effectively giving several axial slices for each
tube rotation.
This technique allows much greater coverage than a conventional helical scanner for
a given acquisition time and slice thickness. Thus the whole heart can be covered in
one breath-hold with a slice thickness of 1 mm. The temporal resolution is less good
than EBCT, being limited by a tube rotation time of 500 ms. This causes significant
problems with cardiac movement, particularly at faster heart rates.
The advantage over EBCT is improved signal-to-noise ratio and spatial resolution (1
mm slice width versus 3 mm slice width). The disadvantage is increased radiation
dose compared with EBCT. Because the heart is imaged throughout the cardiac cycle
but only data obtained during diastole4 are used, a large volume of obtained data is
unused, contributing to the radiation dose but not the image [147]. A more complete
description of the tomographic techniques can be found in the chapter 2.
I–2.c Cardiac MR
Cardiac Magnetic Resonance is a good candidate as non-invasive coronary
imaging. In fact it doesn’t use ionizing radiations and contrast medium although
generally a paramagnetic medium is added to increase contrast to noise ratio. Initial
coronary studies with CMR were performed using multiple two dimensional slices
during a breath-hold. Two dimensional sequences, however, suffer from poor signal-
to-noise ratio, problems with mis-registration (relating to multiple breath-holds).
3The number of detector’s rows varies from 4 to 16.
4The diastolic phase is the phase in which the heart chamber is filled.
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Three dimensional sequences have been developed for both breath-hold and free
breathing techniques. The latter use a navigator echo to track the diaphragm
and retrospectively gate the acquisition for respiratory motion [151]. Breath-hold
three dimensional imaging systems use a variety of ultra-fast sequences and produce
excellent image quality because of the short acquisition times [152]. The principal
problem of such a technique is the impossibility to use in patient with stents. This
prevents the usage of CMR as control procedure for patients who have been attended
to angioplasty.
Several studies have shown that all non-invasive imaging modalities enumerated
above, have the difficulty of visualizing all the coronary segments, particularly in
the fast moving right coronary and circumflex vessels [147, 151, 152, 153, 154].
I–3 SR dual-energy angiography
In order to avoid the risks, the intravenous injection of the contrast agent have
been tested. These attempts with conventional x-ray source failed because by the time
the bolus reaches the coronary arteries it is diluted to a few per cent of the initial
concentration. Oppositely, K-edge subtraction (KES) angiography with synchrotron
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Figure 3.1: Mass absorption coefficient in function of energy for Iodine, Gadolinium, soft tissue and bone.The red
lines and the blue ones represent the energies used for taking images with KES technique for Iodine and Gadolinium
respectively.
The KES imaging applications utilize the step in the absorption coefficient at the
K-edge of the contrast agent, such as iodine, xenon or gadolinium. The principle is
shown in Fig.3.1. Two energy bands, centered at Ea(above K-edge) and Eb (below
K-edge) bracket the K-edge. Their separation is about 1% of the edge energy, EK .
The absorption coefficient of the contrast agent (iodine and gadolinium in the figure)
increases by a factor of 6 between Ea and Eb, while the difference for both bone
and soft tissue is almost zero. When two images are taken simultaneously using
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these energies and one is logarithmically subtracted from the other, an image of the

























when Ib, Ia are the X-ray intensity measured after a detail of thickness ∆xc.m. filled
with contrast medium with the energy Eb and Ea respectively. I0 is the intensity of the
beam not attenuated by the contrast agent. The sensitivity for iodine is several orders
of magnitude higher than that for soft tissue. This enhancement makes it possible to
record images with very dilute contrast media. A whole section will be dedicated to
describing details the set-up of SR coronary angiography at ESRF medical beamline.
This procedure is convenient for the patient and the radiation dose is less
than in the conventional selective coronary angiography. The images obtained
by conventional angiography are excellent, because the contrast agent is injected
directly into the heart artery, but the method is too dangerous to be widely used for
screening or research. Intravenous injection and the KES method make SR coronary
angiography a method that is suitable for follow-up studies and basic research on
coronary disease [3].
I–3.a Previous experiences
Coronary angiography is the only medical application for which synchrotron
radiation techniques have been extensively applied in human research. Most of
these studies utilize line scan imaging systems. So far, a total of more than
500 patients have been imaged at Hasylab (Hamburg, Germany), SSRL (Stanford,
USA), NSLS (Brookhaven, USA), ESRF (Grenoble, France), and KEK (Tsukuba,
Japan) [3, 155, 30, 32, 31, 11, 156, 157]. The most successful and widely used imaging
technique is based on line-scanning, where the patient moves vertically through the
imaging beams. The transmitted beams are recorded at frequency of the order of 1
KHz with a dual-line pixel detector so that two two-dimensional images are formed
line by line.
From the study at DESY (DESY, Dill) with 230 patients it can be summarized that a
good negative predictive value (<95%) and an even better specificity5 (>97%) can be
obtained. Although the sensitivity is comparatively high (30%÷80%), it remains too
low for justifying the practical application at larger scale. Similar observations have
been made at the ESRF at the medical beamline ID17 [32, 158]. The 1st protocol
imaging the right coronary artery of 32 patients resulted in excellent image quality
and the quantitative measurements provide diagnostic information with only one
angulation. The 2nd protocol, investigating the left artery, was more challenging due
to frequent superposition of the arteries with the left ventricle and/or the aorta. In
fact the main limitation of the synchrotron method is the possible superposition of
the venous structures over the arterial tree. Also the filling of the ventricle with
the contrast agent provides more difficult the visualization of the coronary arteries.
Anyway these inconveniences can be overcome by carefully selecting the projection
5The specificity refers to the proportion of people without disease who have a negative test result while
the sensitivity refers to the proportion of people with disease who have a positive test result.
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(a) (b)
Figure 3.2: Experimental set-up in the KES method at ESRF. (a):The incident white beam is focused vertically and
monochromatized by a cylindrically bent Laue crystal: two separate energy bands are obtained by blocking the center
part of the beam. The beams cross at the object, and are separated again at the dual line detector. (b):Panoramic
view of patient hutch with the chair to move the patient
views. There are also two-dimensional systems that are based on the KES method,
but the basic problems of scattering, bone artifacts and the problem of rapid change
of the imaging energy have limited the use of these systems to animal studies [159].
I–4 The ESRF set-up
The set-up used at the ID17 medical Beamline of the ESRF is shown in Fig.3.2.
The facility consists of the X-ray beamline that delivers the high intensity X-ray
beam from the storage ring source, associated optics and imaging detectors, a patient
imaging room, and a patient catheterization laboratory [32, 3, 158]. The ESRF
operates at an electron energy of 6 GeV. The ESRF monochromator is a single
cylindrically bent silicon (111) crystal mounted in Laue geometry, which focuses the
beam vertically (Fig. 3.2). The central thin part of the crystal is 1.0 mm thick, 150
mm wide and 20 mm high, and the asymmetry angle is 15◦ [85]. Due to bending of the
crystal and the vertical divergence of the primary beam, there is an energy gradient
in the beam [160]. The center part of the beam is blocked by a splitter so that there
are two focused fan beams of different energies that cross at the patient position and
are separated again at the detector, where they are simultaneously recorded. The
bandwidth can be adjusted by the vertical height of the beam, while the splitter
defines the energy separation of the two monochromatic beam. Typically, the two
beams have an energy bandwidths of 150 eV, and their mean energies are separated
by 300 eV [85, 32]. The assembly is cooled by a gravity-fed water system. The
monochromator can be tuned from 17 to 51 keV, which allow the use of iodine or
gadolinium as contrast agents. The beams are deflected up wards by an angle of
6.84◦ and 4.51◦ in the case of iodine and gadolinium K-edges respectively [85, 158].
The radius of curvature (typically 14 m) is adjusted to give a good cross-over and
focus of the beams at the patient position i.e. 7 m from the monochromator. The
monochromatic beam at this position is 2.25 m above the floor. The two beams
produced by the monochromator propagate at slightly different angles. Measure for
evaluating the harmonic content showed value around 1% at iodine K-edge (33 KeV).
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Because the harmonics can impair the image quality by decreasing the contrast in
the subtracted image, it is important that their content should be neglegible. The
intensity of one beam is about 1011 photons/s·mm2.
As usual in the SR imaging set-up, the X-ray beam is a fan of about 0.5 mm height and
150 mm width, and so it is necessary to move the patient through the beam in order
to obtain two-dimensional angiogram. The design of the patient positioning system
is shown Fig. 3.2(b). The U-shaped main frame can be precisely positioned to have
the vertical axis perpendicular to the plane defined by the X-ray beam. The speed
is constant over a length of 200 mm, for a total displacement of 600 mm including
the acceleration and deceleration phases. Typical scanning speeds are 250 mm/s 1 to
500 mm/s, which is high enough to eliminate motion artifacts of the images [161, 85].
The data acquisition system is made of a high purity germanium detector operating
at liquid nitrogen temperature, associated with high dynamic range electronics (16
bits). The detector consist of a monolithic P-type Ge crystal 160 mm long, electrically
segmented into two rows of 432 parallel strips each. The resulting detection element
pitch is equal to 350 µm whereas the pixel height is 10 mm.. The germanium crystal
is 2 mm thick, providing an efficiency of nearly 100% in the energy range of interest.
The detector is used in current integration mode where the current in each detector
element is integrated and digitized every ms.
The general architecture of the data acquisition electronics is based on integrator
boards constituting the preamplifier stage followed by ADC boards. The signals from
each ADC are the read and stored in a local buffer. A 35 m serial line connects this
buffer with the VME data processors located in the control room. While the resolution
along the horizontal direction is given by the pixel pitch, the vertical resolution is
determined by setting the vertical speed of the position system and the integration
time of the detector. Common values used are 250 mm/s and 1.4 ms respectively,
giving 350 µm as resolution [32, 158].
The resolution and contrast are sufficient for imaging arteries of 1 mm diameter. This
is sufficient because, as already mentioned, intervention is not possible on vessels that
are smaller than this. However a more complete analysis of the performance of the
detection system in terms of image quality can be found in [162]. Those measurements
put in evidence a linear response of the system over a wide range and a MTF equal
to 10% at 2.6 and 1.2 lp/mm in horizontal and vertical direction, respectively. The
DQE in horizontal direction improve up to 40% as consequence of the logarithmic
subtraction procedure, whereas in the vertical one it has a value ranging between
15% and 33% for different photon fluxes. Vertical DQE could be improved, if in the
correction processing the time fluctuations of the beam would be taken into account.
I–5 Innovative aspects of the project
As already mentioned the several clinical protocols had given good results but not
enough good to justify the use of the SR angiography technique for large number of
people. In order to increase the quality of such a diagnostic tool three aspects have
been considered as crucial:
− the replacement of iodine as contrast medium with gadolinium;
− the investigation of the underlying mechanism of perfusion and development of
quantitative models suited to characterize diseased myocardial sections;
− the development of a high speed 3D imaging method to resolve the
superimposition problem and to visualize myocardial perfusion.
For each of them a section will be dedicated to explain which advantages they should
bring to the angiography based on SR. In particular, because the main part of the
work during the PhD was concerning the development of the 3D imaging system, the
last aspect will be followed in more details.
I–5.a Contrast medium
The idea to use a contrast agent based on gadolinium was already foretold in some
of the previous clinical studies realized [31]. Also a first protocol with piglets has been
performed at ESRF [158] showing the potentiality of the new contrast medium.
First of all, because the K-edge energy of Gd is higher respect to Iodine, the dose
delivered to the patient is less, keeping the incident radiation intensity constant,
or in other words it is possible delivering the some dose increasing the radiation
intensity. In fact simulating the radiation dose necessary to obtain a SNR equal to 3
with various thicknesses of tissue plus bone, the use of Gd shows its benefits respect
to I use specially in case of thickness greater than 20 cm [158]. Going beyond in
the comparison between the two contrast media, the resolution in the measurement
of the thickness of the filled artery has been taken into account. For this purpose a
simple model has been considered (Fig.3.3(a)). The incident radiation (N0) penetrates
bone (D1), water (D2) and vessels filled with contrast medium (D3). A small change
δD3 of the thickness of the contrast medium represents the precision of the artery
measurement. Evaluating the number of photon N1 survived after the penetration in









































are the mass attenuation coefficients of the contrast
medium above and below the K-edge energy respectively. The Fig.3.3(b) shows the
resolution δD3 in function of D3 for different concentration of iodine and gadolinium
at constant skin doses (100mSv) while the parameter values are reported in Tab. 3.1.
Using Ultravist370 c©,Berlex Canada in a bolus the concentration of the iodine in the
artery has been estimated in 18.5 mg/cm3 with a dilution factor of 5%. In the case
of Gd the eventual use of pharmaceutical products usually used as contrast agent in
magnetic resonace has been considered: Gadovist c©, Schering AG, Germany (157 mg
Gd/ml) and Dotarem c©, Guerbet, France(75.5 mg Gd/ml). The water thickness D2
has been taken equal to 20 cm while the bone thickness D1 to 2 cm.
It is clearly visible that at D3 equal to 1 cm the advantage of Gd over I is marginal
if the Gadovist c© is used. The graph confirms the experimental finding that I loses
quickly resolution with increasing D3 while the contrast of Gd remains about constant.
This advantage is even more pronounced if Dotarem c© can be used.
Finally due to the higher fluorescence yield (93.5% against 88.4%) the contrast
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Figure 3.3: Comparison between iodine and gadolinium in terms of resolution in the measurements of depth. (a):Simple
sketch of the model used. (b):Plot of the resolution in function of the artery depth for different concentration of iodine
and gadolinium with a skin dose equal to 100 mSv.
with respect to that ones besed on I. This aspect has been used to improve the
diagnostic ability of the SR coronary angiography as it will explaned in par. I-5.c.
I–5.b Dynamic measurements
In the past years several non-invasive perfusion6 measurements have been carried
out to better understand the involvement of myocardial vascular dysfunction in
coronary artery disease. The most effective techniques look like to be nuclear medicine
techniques as SPECT or PET. In particular, a wealth of data support a role for
SPECT in the detection of advanced atherosclerotic lesions [163, 164]. However,
because of self regulating feed back of the organism, nuclear cardiology techniques
require the presence of a hemodynamically significant lesion before any abnormality
becomes evident. The spatial (5-8 mm) and temporal (few seconds per image)
resolution does not permit the transmural evaluation of microvascular function and
flow. PET technology is currently considered the gold standard to assess myocardial
metabolism in vivo. On the other hand, SPECT or PET do not allow quantification of
microvascular blood volume which is an important input parameter for a full model.
Recently, nuclear magnetic resonance imaging has been introduced as a non-
invasive tool to measure myocardial perfusion. However, the relationship of
indicator concentration and image intensity depends on a number of factors and
has difficulties describing quantitative processes except under special circumstances
in small animals [165]. Fast EBCT technology has recently been shown to allow
the evaluation of coronary microvascular blood volume and perfusion [148]. In this
context, measurements with synchrotron radiation can provide the new data with
6Perfusion is the passage of fluid through a tissue, usually blood.
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Parameter Iodine Gadolinium






















Table 3.1: Parameters for Gd and I used to obtain the data plotted in Fig.3.3(b)
(a) (b)
Figure 3.4: Example of results in perfusion measurements obtained with Electron-beam CT from [149]. (a): EBCT
scan obtained during peak attenuation of the left ventricular(LV) chamber at end diastole. The perfusion territory
of the left anterior descending artery (LAD) is outlined in the anterior cardiac wall. The imaging sequence provided
time-intensity curves shown in (b), where each data point represents the average attenuation (in Hounsfield units
[HU]7within the region of interest. These curves are used to obtain indexes of blood volume and perfusion .
better space and time resolution, specially if only a region can be investigate.
The idea is to perform an experiment with animal (piglets) using SR to monitoring
myocardial perfusion with and without influence by medications. In these kind of
measurements the usual method of choice is the indicator dilution principle where a
detectable tracer of a given quantity M is added and the change of concentration C
due to dilution entering into a volume δV is a measure of flow F = dV
dt
(volume/time
interval). In fact supposing the system object divided in N compartments with volume
∆Vi, it can be written for each of them mi(t)=∆Vici(t). Then the amount of tracer
7The Hounsfield units represents an transformation from the original linear attenuation coefficient
measurements into one where water is assigned a value of zero and air is assigned a value of -1000. If
mw, ma, and m are the linear attenuation coefficients of water, air and a substance of interest, the CT
number of the substance of interest is: H = 1000(m−mw)/(mw −ma).
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Assuming that ci can be replaced by a mean value over time and space and
calling V0=
∑









with ∆ttr a mean transit time of the injected bolus. The measurement of c(t)
(as shown in Fig.3.4(b) as example) and the knowledge of M are used for the
determination of F. Quantitative description of the physiological process has to
consider the influence of other parameters, the most important among them the level
of cardiac activity. Therefore the blood volume (BV) as function of the perfusion F
is used. Although relevant results have been obtained [148, 149, 150] improvement
in the models describing the myocardial perfusion are necessary. In particular the
assumption of a steady flow into a single representative volume (blood volume)
producing a smooth increase and subsequent decrease due to the outflow has to be
reviewed. As pointed out above, the SR angiography with KES method and its further
improvement given by the development of a 3-dimensional imaging system (see next
section) could give a new impulse in this research field.
I–5.c 3D Tomography
The main innovative aspect of this project is the development of a high speed
3D imaging method. It is based on detection of the fluorescent radiation from
the gadolinium loaded contrast medium (42 KeV) which is selected in the position
sensitive single photon detector, a Xe- filled Induction Drift Chamber (IDC). The
detector can guarantee an energy resolution sufficient to separate fluorescence signal
from scattered radiation and a position resolution in the sub-mm range to match the
resolution of a high sensitivity collimator [12, 166].
The projection of the cross section of the fan beam from the wiggler is seen at a
given moment as a line from the side (Fig.3.5(a)). While the scan is proceeding also
the second (vertical) coordinate is scanned. Therefore the position sensitive detector
measures only one coordinate and sums over the other (z-direction). The imaging is
provided by a collimator consisting of parallel plates forming slots because only one
coordinate is needed. This leads to a high efficiency.
To estimate the fluorescence radiation emitted by a coronary artery of 2 mm filled
with Gd, let’s consider a simple model in which the primary beam is absorbed by
10 cm of water (to simulate human body) then by the heart ventricle with Gd (5 cm)
before to arrive to our coronary artery. From here the fluorescence radiation, before
to be detected is absorbed by other 10 cm of body. So the number of fluorescence
photons Nfl in a voxel of 2× 2× 2 mm3 is given by :
Nfl = 0.5 ·N0 · ζ1 · Gd · ca · Yfl · ζ2 ·G (3.5)
where the description and the values of each symbol used can be found in Tab.3.2.
Hence a value of Nfl equal to 1.05 · 106 in an interval of 7 ms (corresponding to 2 mm
vertical scan) is obtained. Then, considering an optimized collimator in a distance
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Name Value Description
N0 4.42·108photon/pixel)8 incoming flux for a skin radiation dose of 100 mSv
Gd 0.45 absorption of primary beam in ventricle(5 cm)
ca 0.033 absorption of primary beam in coronary artery(2 mm)
ζ1 0.1 absorption of primary beam in body(water 10 cm)
ζ2 0.07 absorption of fluorescence in body (water 10 cm)
Yfl 0.93 fluorescence yields of Gd
G 7 number of pixel in the 2 mm length
Table 3.2: Descriptions and values of the symbols used in Eq.3.5
(a) (b)
Figure 3.5: Principle of 3D fluorescence tomography:(a) the fan beam irradiate only a line in the body (schematized
by a cylinder). The structure (the vessels) becomes a source of fluorescence radiation that is detected by the gas
detector.(b) A top sketch of all the system is shown with several detector around the sample/patient.
of 30 cm with an efficiency of 1.6 · 10−3 and a detector efficiency of 70%, about 1000
counts in 7ms are obtained. In this way a precision of 3% can be achived for the
intensity resolution.
As shown in Fig.3.5(b) to acquire different projection of the patient heart and
hence resolve the superimpositions problems, several ID chambers have to encircle
the patient at a distance of the order of 35 cm (to keep high the efficiency of the
collimator). Finally it have to point out that for the image reconstruction, corrections
for absorption in the body have to be incorporated using CT data.
II The detection system for 3D tomography
While for the other aspect of the project no more space will be dedicated, expect for
the last section in which an overview of the their status will be presented, here the
detection system for the 3D tomography imaging will be described more completely
because the most of the time dedicated to such a project has been spent on this
aspect.
After the consideration given in the previous section, the detector requirements can
be summarized as following:
− position resolution about 300 µm;
8It has been considered the pixel of the Ge-detector: it has a size of 350µm in both dimensions.
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− spectroscopic resolution optimized for X-ray at 42 KeV;
− rate capability of 100 KHz/cell;
− large area for cell;
− angular resolution of 10 mrad.
In particular the energy and the spatial resolution result determinant for the
success of the project. The detector chosen to match all the requirements is the
Induction Drift Chamber (IDC) [12]. Thank to its particular type of read-out and
choosing Xenon as gas to fill it, this kind of detector is able to satisfy the constraints
for this specific application.
The read-out electronics consist of a charge preamplifier and a shaper with
spectroscopic shaping time followed by a Flash-ADC(Analog-to-Digital Converter).
In order to acquire only the fluorescence events a window discriminator has been
developed to trigger the ADC acquisition. In the next sections the working principle
of the IDC will be explained and after a brief description of the standard electronic
used, the development of the window discriminator will be exposed reporting the test
results.
II–1 The induction chamber
The position-sensitive detectors based on gaseous wire chambers have a long life
and the have been used for different application also in medical field [12, 166, 167, 13].
They have in principle a good energy resolution, which makes it possible to measure
single photon events. Because multiwire drift chamber is a single quantum counter,
it leads to good linearity and large dynamic range [168]. More in detail, the IDC is
a drift chamber consisting of equal spaced anodes and potential wires with the wire
plane and the cathodes arranged so that the field lines are parallel in a long part of
the drift cell [169]. In this way only in the region close to the anode wire within a
typical radius of r0, given by the distance of the anode to the nearby potential wires,
the field lines converge towards the anode (Fig.3.6). When electrons and ions are
liberated in the constant field region of the chamber, they will drift along these field
lines until they approach the high field region, very close to the anode wires, where
electrons will be quickly accelerated and avalanche multiplication occurs. The charge
produced by the avalanches will induce charges on conductors in the neighborhood
of the anode in particular on the potential wires to the left and right of the anode.
This effect will be used for improving the spatial resolution.
Finally the electric charge produced is collected and provides an electric signal
that is directly proportional to the energy of the X-ray photon absorbed by the filled
gas in the chamber. The gas chosen for the final modules is Xe at a pressure of 3 atm.
The choice of the gas was essentially to achieve the desired efficiency for the detector
without increase the working pressure. The final detector modules consist of multiwire
drift chambers with 48 anodes wired spaced by 2.5 mm. The symmetric distance
between the wire plane and the cathode plane will be 20 cm, while the coverage area
120×500 mm2. As anode wires gold-plated tungsten wires with diameters 15 µm will
be used while stainless steel wires with diameters 50 µm as potential wires. On the
sidewalls of the chamber, parallel carbon strips at uniformly decreasing potentials
will produce a homogeneous drift field. Continuous xenon gas flow at a pressure of 3
atm is provided by a 2-stage rotation pumping system. A high sensitivity collimator
will be used. A small version of it has been realized (see par IV-2).
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Figure 3.6: Electric field equipotentials and field line in the chamber. The avalanche creation process is put in
evidence.
II–1.a Energy resolution
In order to evaluate the energy resolution of the IDC the ionization mechanism of
the gas has to be investigate. In fact the incident X-rays ionize the xenon atom in
most cases in the K-shell. The resulting photo-electron only gets the X-ray energy
minus the Xe binding energy in the K-shell. If the empty energy level in the K-
shell is filled up by electrons from outer shells, characteristic X-ray of xenon may be
emitted. If these characteristic X-rays are also absorbed by the photoelectric effect
in the chamber, a total absorption peak is observed; if the characteristic X-rays leave
the chamber undetected, the escape peak is formed. For an energy of 42.9 KeV, as
in the case of Gd fluorescence radiation, we have two escape peak at 13.1 KeV and
at 9.3 KeV corresponding to the escape of Kα and Kβ fluorescence photons of Xe.








where w is the average energy to produce a electron-hole pair and F is the Fano
factor. Then, using Eq.3.6 the estimations for energy resolution have been obtained
assuming w=22 eV and F=19(Tab. 3.3).
Actually because the energy to measure is 42.9 KeV by means of a spectroscopic
line of 13.1 KeV with a resolution of 1.3 KeV we can consider a resolution of about 3%
(1.3 over 42.9). Hence the fluorescence signal can be resolved form the background
9Usually in gas detector the Fano factor is less than 1, but because the electronics noise has to be
considered a F=1 can be considered good enough for an approximate estimation.
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Table 3.3: Estimations for energy resolution at different energy corresponding to two escape peak and full-absorption
peak.
without too many efforts. The radiation background is mainly composed by the
elastic scattering of the primary beam and by Compton scattering. Some test have
been performed with a commercial proportional counter filled with Xe. They showed
the goodness of these estimations. More space will be dedicated to them in the last
paragraph.
II–1.b Spatial resolution
The intrinsic spatial resolution of a multiwire chamber having symmetrical spacing
s between anode and potential wires is equal to 2s/
√
12. An improvement in spatial
resolution is obtained by interpolating the difference of the induced signals on the
potential wires [12]. As already anticipated and showed in Fig.3.6, in IDC the field
lines are parallel in a long part of the cell while they point with an angle α to anode
only in very close to it (Fig.3.7. Moreover since the avalanche in proportional counter
is well localized on the side of the anode where the primary ionization happens, it is
possible to measure the position of the primary ionization using the charge induced
by the avalanche on the potential wire [170]. In particular measuring the angle α
via the difference ∆P of the induced charges on the potential wires normalized by
the total charge A measured on the anode and using geometric consideration for the




∆x = s · tgα (3.8)






where k is a calibration factor depending on electrode geometry and operational
conditions usually less than 1. In the geometry chosen where the field in the outer
drift space is nearly homogeneous and the field near the anode is nearly cylinder
symmetric, the calibration curve for the position ∆x as a function of the quantity
∆P/A shows a small deviation from linearity [12, 171].
Beside the precision limiting effects of diffusion and ionization clustering, the precision
of the angular measurement will determine the final resolution of this type of position
measurement. For the angular error two component can be identified: the electronic
noise for both anode and potential wire read-out and the avalanche fluctuations.
II–1.c Efficiency
The geometry of the detector is the classical one for multiwire chamber: the X-ray
are orthogonal to the wires. The distance between the two cathode planes gives the
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Figure 3.7: Sketch of the detector with the read-out for the position of primary ionization.
active length for absorption.
In the final modules it should be equal to 4 cm. The high mass absorption coefficient
of the Xe at energy of Gd fluorescence combined with a pressure of 3 atm gives an
efficiency of 70%.
II–1.d High rate limitations
One of the main limitation in wires chambers is the high rate behavior. As the
count-rate in ordinary proportional counters is increased a drop in pulse height will
be observed. This effect usually can be explained by the accumulation of space charge
in the drift region produced by positive ions generated in the gas amplification which
lowers the electric field strength near to anode [172]. In addition in proportional
chamber operated at high rates an efficiency loss has been observed. A possible
explanation is the shielding of the anode wire by the positive space charge as long
as it is close to the wire such that subsequent arriving electrons are not sufficiently
multiplied. But also the finite duration of the signals can cause an efficiency loss
called dead-time loss. All these effect are well-known in literature and some design
criteria to avoid them has been provided [167]. In particular the use of low noise
preamplifier to operate a low gain gas amplification and large bandwidth of amplifier
to allow fast clipping of the signal have to underlined. Moreover to allow speed and
low noise performances at the same time, a low input capacity is required. This
means that the preamplifier has to be mounted right at the end of the anode wire.
Anyway, in our case the rate capability requested is not so high (100 KHz/cell) and
the particularly geometry used (with long wires parallel to the scanning axis) helps
ulteriorly to avoid the rate problems [167].
II–2 Read-out electronics and DAQ
The signal processing circuits for both, anode and potential signals, consist of
a preamplifier, a differential shaping amplifier and an analogue-to-digital converters
(flash ADCs). In order to trigger the sampling procedure of the ADC the output
signals (only the positive output) from the shapers of the anodes electronics chain are
split. One line will feed the ADC while the other one will be connected to the window
discriminators. The discriminator outputs are then OR-wired to generate the trigger
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Figure 3.8: General scheme of the Data Acquisition system of the induction drift chamber.
signal (Fig.3.8). All electronics used for read-out are based on hybrid and multi-
layer technology. The charge sensitive, low resistive input amplifiers consists of a first
stage with a JFET in a source follower configuration. Then a low noise common base
amplifier is used.(Fig3.9(a)) For the anode signal a version with a emitter follower
based on a NPN BJT as output stage has been used, while for potential wire a PNP
BJT. The ENC of the preamplifier has been evaluated equal to 2500 e− at 0.6 pF of
input capacitance, while its sensitivity equal to 1.3 mV/fC.
The shaper filter is an differential amplifier with a ’pole-zero cancellation’ circuit and
an integration stage. The shaping time can be adjusted (up to 2 µs) by potentiometer
and the gain as well. Because the preamplifier has not a differential output some
changes in the input circuit of the filter has been done. In particular the negative
input has been connect by means of a resistor (173 Ω) to ground, producing a good
impedance matching.
Both the preamplifier and the shaper were already implemented and used in other
experiments [13, 14]. Nevertheless some changes have been necessary to adapt them
to our requirements. The splitter circuit has as input the positive differential output
of the shapers and thanks to a summing circuits conjuncted to a transformer, feeds
the discriminator input with the sum of 8 shaper outputs. All the schematics of
preamplifier, shaper and splitter circuits can be found in Appendix B.
The amplifiers are followed by flash ADCs. They are operated as transient recorders
sampling at a rate up to 300 MHz with 8 bit resolution and 16 samples per signal [15].
The sampling frequency can be adjusted by an external clock being equal to two
times the clock frequency. The sampled data are latched in buffer RAM each 1
kByte memory for each channel. Once the RAMs are full the read-out cycle starts,
in which data are transferred via a 32 bit PCI I/O interface into a PC. A software
for on-line data monitoring has been developed. The Flash ADCs and its read-out
procedure by PC has been implemented for other applications [15, 16]. It provides
good performance in terms of speed sampling but it has its bottleneck in the data
transferring to the PC. Moreover it has only 64 channels, enough for testing small
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(a) (b)
Figure 3.9: The front-end read-out electronics:(a): preamplifier. (b) the filter whit differential output.
prototypes but not for the final detector. For all these reasons it will replaced by a
new one.
As already mentioned, up to now the only electronics circuit developed specifically
for the project is the window discriminator: the next section will be entirely dedicated
to explain its characteristics.
III Window discriminator development
The window discriminator is designed to trigger the data acquisition system of the
drift chamber. The window discriminator is a device which sorts incoming analog
signals according to their amplitudes. It contains a lower level threshold and an upper
level threshold and the opening between them defines the window. Only signals whose
amplitudes fall within the window provoke a response signal from the discriminator.
III–1 Design consideration
Since the data amounts to be processed by electronics system will be large (about
3·107 counts/s), a high-speed technique such as Emitter Coupled Logic (ECL) is
adopted in the circuit design. The general idea is processing with two different
comparators the input signal, one for the lower level threshold and another for the
upper level threshold, and then using appropriate logic components to decide whether
the original input pulse is in the energy window required or not. With this approach
the logic signal triggered by the lower level discriminator comes before the logic
signal triggered by the upper level discriminator. Timing problem becomes a crucial
consideration in discrimination logic design because the lower level discrimination
signal possesses valuable timing information while the upper level discrimination
signal decides whether the original input pulse is selected or not. The discrimination
logic should keep the signal timing information and rejects the unqualified signal
under some delay.
The window discriminator adopts the double board configurations and is based on
two separate modules: the analogous and digital architectures. For the analogous
module a design already used in other projects has been adopted [13, 167] while for
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Figure 3.10: Schematics of the discriminator analog module.
the digital one, a new circuit has been realized.
III–2 One channel discriminator analogous module
The scheme of a one-channel discriminator analogous module is depicted in
Fig.3.10. The circuit has variable threshold and output pulse width as well as some
options for high rates in the chamber. It consists of several kinds of functional
circuitries. The most important are:
− threshold voltage circuitry;
− comparator with output pulse width adjustment;
− charge pump;
− negative feedback threshold limiter.
For each of them a brief description will be given in the next sections.
III–2.a Threshold voltage circuitry
A global threshold that can be adjusted by turning an helipot is common to all
discrimination channels. However a on-board potentiometer is used to provide the
fine threshold adjustment for all different channels. A voltage follower inter-stages is
used to connect the global and local threshold generating circuits.
III–2.b Comparator with output pulse width adjustment
The discrimination is carried out by SP9687 ultrahigh speed dual voltage
comparators. The device has differential analog inputs and complementary logic
outputs compatible with ECL systems. The ultrafast operation makes signal
processing possible at frequencies in excess of 600 MHz. Additional adjustment of the
width of logic output signals is possible via a latch-enable control for each comparator.
III–2.c Charge pump
Charge pump is an optional feature of the discriminator to tackle the effect on gain
loss at high rates. It is designed to adjust the gradient of threshold variation such that
the threshold follows the decrease of pulse height at high rates. By a current switcher
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Figure 3.11: Schematic diagram of discriminator logic circuit.
(in Fig.3.10 transistor Q1 and Q2) followed by an integration network the threshold
receives a feedback that allow to compensate the gas gain loss. The rates-dependent
feedback function can be disabled by setting a potentiometer to a specific value.
III–2.d Negative feedback threshold limiter
To avoid that the threshold does not drop into the noise when the charge pump
is used at high rate a lower threshold limit has been implemented. It is a voltage
follower circuit with a diode in the feedback loop. The limiting voltage, adjustable
by potentiometer, is applied to the non-inverting input of the operational amplifier,
while the feedback threshold level is applied through a resister connected to the
complementary input of the operational amplifier. In this way when the diode is
reverse biased (feedback level less than limiting voltage) the limiting circuit is separate
from the previous stage, leaving the threshold level unchanged. In the other case, the
diode is forward biased and makes the voltage follower operation. Thus the feedback
threshold adjustment signal of the discriminator is clipped to the limiting value.
III–3 One channel discriminator logic module
The discriminator digital module processes standard ECL logic signals and
converts the selective signals to TTL level digital signals for triggering the ADC.
The construction of the logic module is shown in Fig.3.11. The first flip-flop samples
the input D1 (positive ECL logic 1) and changes its output Q1 only at the positive
transition of the lower level threshold signal (Tl). Upper level threshold signal (Th)
overrides Clock inputs and resets Q1 to logic 0. Thus, the positive duty cycle of
output Q1 has the time difference of leading edges between Tl and next coming Th.
The inverted and non-inverted Tl control the Clock and Clear inputs of the second
flip-flop respectively. The two control signals produce an ’enabled window’ which
begins at the falling edge of the lower level threshold signal and threshold signal. At
the falling edge of Tl the second flip-flop is enabled and the value first flip-flop output
is transferred to the output of the second one. The output of the second flip-flop can
change from 0 to 1 only if the next Tl comes. Thus the number of the output pulses
is the same discriminator window.
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Figure 3.12: Schematic diagram of discriminator logic circuit.
III–4 General layout
The window discriminator adopts the double board configurations. The analogous
module and digital module architectures are implement in separate boards and
inserted into bin by a sandwich mode (Fig.3.12). This strategy increases the non-
sensitivity of analogous module to pick-up noise and suppresses spurious oscillations.
The very high operating speeds of the discriminator require careful layout, decoupling
of supplies, and proper design of transmission lines. Several layout rules are followed
to achieve optimal window discriminator performance. All power supply pins are
decoupled with local decoupling 0.1 µF capacitors as close to the device as possible.
Finally the comparator, flip-flop and inverter outputs are open emitters, requiring
external pull-down resistor. All outputs on these ICs, whether used or unused, should
have identical terminations to minimize ground current switching transients. These
termination resistors are 270 Ω resistors connected to 5.0 V voltage supply.
III–5 Test beach
Several tests have been carried out to evaluate the real functionality of the
discriminator. In particular because the digital module is the only new part, the
test has been concentrated on it. For the analog circuit evaluations of its reliability
were already performed showing a good performances in terms of high speed and
noise [173, 174].
III–5.a Test on digital module
At first the functionality of the system has been estimated. With this purpose the
upper and lower level input signals have been generated by a function generator and
a polynomial waveform synthesizer separately. The different situation corresponding
to amplitude signal above, below and in the window have been simulated. The circuit




Figure 3.13: Functionality test on digital part: the amplitude of the input pulse is above [(a)] the high threshold,
below the low threshold [(b)] and in between [(c)]. Only in the last case the circuit response gives an High level value.
3.13(c) respectively. A maximum input pulses frequency used for such a measurement
has been 100 MHz.
In the high rate case, and if the window width is very narrow, the time difference of
the logic signals issued by the lower level discriminator and upper level discriminator
would within several nanoseconds. Due to gate propagation delay, uncertainty logic
state maybe occurs at the output of the first D flip-flop.
The time difference essentially determines the rapidity of the discriminator and it
is extremely important for timing applications. To test high rate response of the
discriminator, the delay time td (Fig.3.14(a)) of the upper threshold signal respect
to the lower threshold signal has been adjusted by the waveform generator. In the
Fig.3.14(b) a plot summarizes the results. A value 0 on vertical coordinates means
that the logic output of window discriminator keeps unchanged while value 1 denotes
that some logic pulses are provoked by discrimination logic. The discrimination logic
circuit can work properly with upper level input signal delay time td from -13 ns to
274 ns. Out of this range, the phase of lower level input signals is opposite to the phase
of upper level input signals. The occurrence of logic state change is reasonable since
this is not the working condition we want to test. Another interesting performance
of the discrimination logic circuit is that the circuit can work properly with negative
delay time up to -13 ns. The negative delay time means that the leading edge of high
threshold input signal is ahead of the leading edge of low threshold input signal. It
lies in the fact that the resulting logic signal is determined by the Clock and Clear
gates of the second D flip-flop and it is independent of the first D flip-flop in this
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(a) (b)
Figure 3.14: Leading edge test: (a) the upper threshold signal has a time delay td respect to the lower threshold
signal; (b) results of the test: O on y-axis means output logic states unchanged while 1 changed.
(a) (b)
Figure 3.15: Test with Gaussian pulses:(a) number of counts registered for different amplitude of the input signals;
(b) calibration line between FWHM and window width: a good linearity is obtained.
operation condition.
III–5.b Test on entire circuit
To test the goodness of the complete window discriminator circuits, a Gaussian
pulse to the input of the discriminator have been sent and the digitized discriminator
outputs have been connected to a 20-bit counter. Via a connection board, the counter
is connected to the I/O card which is installed in a PCI slot of a PC to allow data
acquisition. In this test, the width of threshold window, the frequency of the input
signal and the data acquisition time have been kept fix while the amplitude of the
input signal have been swept. Finally changing the window width and repeating
the measurements described above, the sensitivity of the circuit can be evaluated.
The measurements are repeated at different frequencies from 150 kHz to 1 MHz.
The plot in Fig.3.15(a) shows the number of counts in 20 s versus the amplitude of
the signal for different window widths. The frequency of input signals is 1.04 MHz.
Calculating the FWHM of these curves and plotting them in function of the window
width a calibration curve has been acquired as shown in Fig.3.15(b). It shows a good
linearity.
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At the end also the crosstalk effect between different channel has been evaluated.
Sending a pulse to one channel and measuring the amplitude signal induced on the
its nearer channels the cross-talk can be quantified less than 1%.
Up to now the circuit has not been tested with a prototype of an IDC. However since
good results have been obtained in all test bench, the production of the required
number of channels has been begun.
IV Overview on the status of the project
In about more than one year and half from the beginning of the project, a lot of work
has been done in different aspects. The purpose of this paragraph is to provided an
overview about all work done up to now. The main efforts have been concentrated
on the construction of a first prototype of the IDC (activity in which I was involved
directly), on the evaluation of the background scattering and on the development of a
ionization chamber to monitor the synchrotron beam (see the section below dedicated
to the dynamic measurements). For each of these aspects the encountered problems,
the adopted solutions and the obtained results will be exposed.
IV–1 The first IDC prototype
A first IDC prototype has been assembled and put in work with a gas mixture
of Ar(90%)and CO2(10%) at a pressure of 1 atm. The drift chamber was basically
composed of a hollow rectangular cathode box and a wire plane (Fig.3.16). Two
aluminum sheets are responsible for the top and bottom and the side walls are made
of epoxy material. The epoxy side walls were painted with a thin layer of lacquer in
order to prevent gas leaking through the material. Seven carbon strips, 2.5 mm wide,
was sprayed on the inner side wall, they were parallel and symmetrically placed along
the central strip, separated with equal width spacing. The central strip was twice as
wide as the others.
The wire plane, placed in the middle of the two cathode plates, contained 31 wires:
16 anode wires and 15 potential wires. They were equally placed in anode-potential
sequence with 2.5 mm gap. Both wires were made of gold coated tungsten wires,
the anode wires were 15 µm in diameter, stretched with 15 g, while the potential
wires were 100 µm in diameter, stretched with 220 g. The wire plane had both
ends soldered to ceramic plates. It was done by gluing the ceramic plates to two L
shaped block. Ceramic was chosen as it offered a high surface resistance. This high
resistance was needed because between the alternating anode and potential wires a
voltage of around 1 kV was applied. Other advantages of ceramic were that it had
high temperature capacity and it was easy to fabricate. Integrated circuits including
resistors and conduction lines were printed on the plates, while the capacitors were
soldered on board. The anode and potential wires were alternatively soldered on one
and the other side.
By making use of resistive potential divider, the carbon strips carries equally
distributed negative high voltage. A diode was put into the circuit to prevent the
negative voltage of the central strip which may lead to field distortion.
Two small metal pipes were inserted to the detector, one for gas in and the other for
gas out (Fig.3.16(a)). The gas out should be connected to a bubbler for atmospheric
condition, while to a gas system with pressure meter, pump and oxygen absorbing
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(a) (b)
Figure 3.16: Sketch of the first prototype of IDC:(a) a prospective view and (b) a top view (all length are in mm).
device for higher pressure use. A printed circuit board, with 16 channels, was glued
to the transition pieces at each end. They are used for letting out the signal to
the preamplifier through a ’sealed box’(Fig.3.17).In this way the preamplifier printed
circuits can be positioned very close to the detector improving the noise performances.
IV–1.a Measurements
To ensure an collection efficiency as close as possible to 100%, a gas gain
measurments has been performed, finding an optimal anode voltage of 850 V. The
most important results obtained with such a prototype is the measurement of the
spatial resolution. The radiation given by the 55Fe source has been used. A single slit
collimator, with slit width equal to 180 µm, has been placed in front of the source.
Scanning the source in front of a cell and reading the signal from anode and potential
wires the data plotted in Fig.3.18 have been collected. The read-electronics used is
that one described in section II-2 while instead of the ADC, standard NIM modules
for discriminator and counter have been utilized.
The Fig.3.18(a) shows the ∆P/A versus the source position on a axis orthogonal to
the wires. Differentiating this data a Gaussian curve has been obtained. Fitting such
a curve the ability of the system to measure the position of the primary ionization
i.e. its resolution has been quantify equal to 0.65 mm. This value results from the
convolution of the intrinsic resolution of the system and of the collimation. Anyway a
further improvement can be reached by increasing the pressure in order to minimize
the range of the photoelectrons, one of the main effects that determines the resolution.
Up to now the pressure has been kept at 1 atm because the detector was not leak-
tight.
A first attempt to put the whole system (with Ar-CO2 at 1 atm) in working at ESRF
has been carried out. The idea was to detect the fluorescence radiation coming from a
copper tube placed in front of SR beam. However because the discriminator was not
yet ready at that time, an external clock has been used as trigger. Unfortunately the
data obtained in this configuration had a so poor statistics that has been impossible
to do any kind of consideration about the performance of the system.
A new prototype with 48 anode wires covering a detection area around 3 times the
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Figure 3.17: The first prototype of the IDC
(a) (b)
Figure 3.18: Spatial resolution measurements: .(a) the difference between the potential wires counts normalized to
anode wires’ counts plotted in function of the source position on an axis orthogonal to the wires; (b) the derivate of
the curve above and a Gaussian fit (red line) of it showing a FWHM of about 0.65 mm
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(a) (b)
Figure 3.19: The spectroscopic measurements: (a)the set up adopted and and (b) a picture of the high efficiency
collimator
previous one is in the assembling phase.
IV–2 Estimation of scattering background
At the ID17 beam line at ESRF, several experiments have been carried out to
investigate the method of fluorescence tomography. The method relies essentially on
the separation of the fluorescence radiation emanating from Gd from the background,
mainly from elastic scattering and fluorescence of other material. Because the IDC
was not yet available a Xe proportional counter has been used for the spectroscopic
measurements. A newly developed collimator has been tested (Fig.3.19(b)). It is
made up of 30×500 mm2 parallel tin plates, separated by 0.3 mm slot of mylar, giving
an efficiency of 1.6·10−3 and an angular spatial resolution of 1.2 mm with a source-
detector distance of about 10 cm. Projection measurements have been performed
with the set-up of Fig.3.19(a) discriminating on the Gd-fluorescence. A Gd-filled tube
(5mm diam) irradiated by SR, has been moved in front of the imaging collimator.
The tube has been placed in the center of a plastic pot that has been filled with water
to simulate the body of the patient.
Thank to a multichannel analyzer several spectra have been recorded. An example
of the type of recorded spectra is shown in Fig3.20. It has been obtained with the
Xe-proportional counter at a Compton angle equal to 90◦ without water in the pot.
The energy of the primary has been set to 65 KeV to enhance the Compton scattering
respect to the elastic one. The escape peaks due to the lines from Gd fluorescence
(both Kα and Kβ) are clearly recognized (marked in the plot with the number 1, 2,
3 ) as well the Compton scattering (57.7 KeV at 90◦ and also a fluorescence line of
tin - number 4 - due to the presence of this material in the collimator). Finally the
Kα has been marked with number 7. To simulate as realistically as possible the pot
has been filled with water and spectra have been acquired with and without the tube
filled with Gd. In the Fig.3.21(a) an example is shown. It has been recorded at a
Compton angle of 105◦. The black line refers to a configuration with the Gd-filled
tube, while the red line without tube. Easily subtracting the two spectra and low-pass
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Figure 3.20: Spectrum acquired at 90◦ Compton angle. In the legend all line are recognized.
(a) (b)
Figure 3.21: Spectra with and without Gd-filled tube.(a): The red line corresponds the acquisition without Gd tube




Figure 3.22: (a)Phantom for Gd-contrast measurement.(b)X-ray image of phantom acquired with Ge-detector
.
filtering (Fig.3.21(b) the line of the two escape peak due to the Kα of Gd can been






α of Xe respectively). Also
at channel 1300 the whole absorption of the Kα of Gd is quite evident. Demonstrated
the possibility of the identification also in complicated spectra as that one shown in
Fig.3.21(a), further studies have to do to quantify the multiple Compton scattering
in a simple body model. A MonteCarlo simulation seems to be the most adequate
tool to resolve this question. Then a more realistic body model will be taken into
account. A further step will be the repetition of these measurements with the IDC
to check the ability of the system to map correctly the samples.
IV–3 Dynamic measurements
A preliminary measurements have been carried out with a phantom reproducing
the heart in static condition (Fig. 3.22(a). It consist of a staircase structure filled
with contrast medium (optically enhanced by coloring in Fig.3.22(a)) represents the
ventricle filling, tubes the arteries (diameters from 2 mm to 8 mm) and a water
reservoir the absorption in the body. An image obtained with KES method of the
phantom is shown in Fig.3.22(b). Although the higher available flux at the imaging
detector (Ge detector) allows higher precision of the absorption measurement, the
remaining beam fluctuations become a major limitation of the method. Therefore a
new ion chamber for monitoring the beam intensity with 2 x 8 segments (for both
energies separately ) has been installed and tested (Fig.3.23). The required precision
could be achieved with an analogue read out electronics close to the detector. For
the digitization and the on-line recording difficulties have been encountered due to
a large RF pick- up. The effect has been studied in detail and the solution has
been found in the installation of the digitization electronics near the detector and
the transmission of the data via optical fiber links. Putting in coincidence the data
from the ion chamber and from the Ge-detector it is possible overcome the beam
fluctuations problems. This solution has been tested during the first run with pigs
performed at the end of November 2004. Four piglets have been used to obtained
perfusion measurements. Under fluoroscopic control, a catheter was advanced into
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(a) (b)
Figure 3.23: Multi-cell ion chamber mounted at beam entrance to experimental area:(a) a schematic diagram and (b)
a picture. In the picture it can be noted the box containing the analog electronics read-out over it
the superior vena cava (central vein) to avoid excessive dilution of the contrast agent.
Then the pig was placed on the scan seat in an upright position, taking care to
eliminate overlap problems, and it was aligned to the X-ray beam. Images of whole
heart have been acquired in a time sequence (1 ms/line for 500 lines) with and without
medications to simulate heart disease conditions (an example is shown in Fig.3.24).
Finally to get data with a very high resolution time (few ms) a scan of a single line of
the last pig hearts has been acquired. As Fig.3.24 shows, the first attempt to overpass
the problems due to the beam fluctuations has been realized with success. In fact the
horizontal lines clearly visible in Fig.3.24(a) are removed in Fig.3.24(b) by a using
a weight function proportional to the data contemporaneously acquired in the IC.
However the data analysis is not yet concluded and the next step in this area of the
project will depend by this analysis.
V Summary
In this chapter the general aspects and the status of Angiography project have been
described. This project is based on the non-invasive coronary angiography using K-
edge subtraction of a contrast agent with monochromatic X-rays from synchrotron
light facility at ESRF in Grenoble (France) [11].
To increase the diagnostic power with respect to the previous experiences new
features have been proposed. In particular new investigations on the perfusion
mechanism by means of dynamic measurements allow a more complete understanding
of the causes of heart diseases. However the main innovation is the development of
a high speed 3D imaging method to resolve the superimposition problem and to
visualize myocardial perfusion. The fluorescence radiation emitted by the contrast
medium ( Gd in place of I as in the past) is used to acquire different projection images
obtaining thus a tomographic images of the patient. The detector chosen is Xe- filled
Induction Drift Chamber - a particular multiwire drift chamber -. An high spatial
resolution can be obtained by interpolating the difference of the induced signals on the
potential wires [12]. The read-out chain has been detailed in the chapter: it consists of
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(a) (b)
Figure 3.24: Image acquired with Ge-detector at ID17 at ESRF. The contrast agent was injected in directly into
coronary arteries (selective technique) of a pig.(a) the raw image (only dead-channels and disuniformity corrections
have been done) and (b) the image corrected for the beam fluctuations using the IC data.
a preamplifier and band-pass filter and of a flash-ADC for both (anode and potential)
wires. The interpolation procedure is performed by software. To trigger the ADC a
window discriminator has been designed. It is based on two different comparators -
one for the lower threshold and another for the upper one -, and logic components to
decide whether the original input pulse is in the energy window required or not. The
whole circuit has been tested in terms of linearity, width window sensitivity and rate
response giving good results. The spatial resolution of an Ar-CO2 filled IDC with 16
anode wires, has been measured reporting a value of 600µm. A new prototype with
48 channel is under construction and after high pressure test.
Finally an overview on the other activities in the project has been reported.
Spectroscopic measurements have shown the possibility to select the fluorescence
signal from Gd in comparison with the background radiation. MonteCarlo simulation
will be provided a quantitative evaluation of such a background. Moreover a position
ionization chamber has been designed to be used in dynamic measurements as beam
monitor detector. It has been already employed at ID17 at ESRF in the first
animal studies. The fist analyzed data have shown the utility of the IC while the
complete analysis should provide new information for the perfusion mechanism. New
dynamic measurement with the 48 channel IDC, will give a complete evaluation of




ACVB Aorto Coronar Vein Bypass: A bypass between the aorta
and the native coronary artery, made from a vein.
Anastomose The site where the bypass is connected to the native
coronary artery.
Angiography A method for the visualization of vessels in the body
with the help of an introduced X-ray-absorbing contrast
agent and an X-ray unit.
Angioplasty See PTCA.
Antecubital vein A vein in front of the elbow.
Aorta The central body artery, which is next to the left
ventricle of the heart. The coronary arteries escape from
the aorta.
Atrium A heart chamber (left and right) in front of the main
chamber.
Bolus The volume of a fluid in a vessel of short length after
fast injection of this fluid (about 2 s in the described
method).
Brachial vein A vein in the arm.
Bypass graft See ACVB and IMA-ACB.
CC projection Craniocaudal or Caudiocranal projection: A projection
at a certain angle relative to the horizontal axis of the
patient.
Cfx Circumflex coronary artery: One of the three main
coronary arteries.
Contrast agent An X-ray-absorbing dye that is injected into the vessels
of interest.
Coronary arteries Arteries that supply the heart with blood.
Crux cordis Bifurcation of the RCA.
Diastolic phase The phase in which the heart chamber is filled and at
rest.
Distal part The end part of a vessel.
D1-branch The first of the diagonal branches, i.e. side branches of
the LAD.
EBCT Electron Beam Computed Tomography: An ultrafast
CT method in which the detector and source are not
moved but an electron beam sweeps over a cathode of
180◦.
ECG trigger A trigger from the electrocardiogram, which allows a
measurement in a fixed heart phase.
90
MRI Magnetic Resonance Imaging: A tomographic technique
that allows the presentation of images of volumes
without the use of X-rays but with high magnetic fields.
MSCT Multislice Beam Computed Tomograph: A fast CT
method here four or more slices of a volume are imaged
in parallel with the spiral-CT technique.
M1-branch The first of the marginal branches, i.e. side branches of
the Cfx
Negative predictive value The conditioned probability that a disease does not exist
if a certain test parameter is negative.
Ostium The entrance into a coronary artery that is directly at
the aorta.
Perfusion A measure of the blood supply of the heart muscle.
Peripheral intravenous injection An injection into a vein of the arms or legs.
Positive predictive value The conditioned probability that a disease exists if a
certain test parameter is positive
Protocol A given procedure for the investigation of the patient.
PTCA Percutane Transluminal Coronary Angioplasty: A
technique to widen a narrowed vessel with the help of a
balloon.
RAO Right Anterior Oblique projection: A projection at a
certain angle relative to the vertical axis of the patient.
RCA Right Coronary Artery: One of the three main coronary
arteries.
Rotational atherectomy The debulking of narrowings in a coronary artery with
a high-speed rotating catheter.
RPL-branch The distal branch of the right coronary artery.
R-wave A spike-like wave in the curve of the ECG, which is
optimal for a trigger.
Scaphoid fossa The upper part of the external ear.
Sensitivity The conditioned probability that for a patient with a
disease a certain test parameter is positive.
Single-vessel disease Disease in one of the three coronary arteries.
Specificity The conditioned probability that for a patient without
a disease a certain test parameter is negative.
Stenosis A site in an artery where it is narrowed.
Stent A tube of mashed metal that is put into an artery after
PTCA in order to keep the artery wide.
Superior vena cava The central vein that is next to the right atrium.
Systolic phase The phase when the heart chamber is compressed and
emptying.
Transit time The time between the injection of the contrast agent and
its arrival in the coronary arteries.
Unstable angina pectoris Heart pain of new onset or increasing intensity and
duration.
Ventricle The main heart chamber (left and right).
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Appendix B
Schematics of front-end electronics in Angiography project
Premplifier
Figure 1: Schematics of the negative preamplifier .
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Differential Shaper
Figure 2: Schematics of the shaper. The negative input is connected to ground by a resistor of 170 Ω
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Signal Splitter
Figure 3: Circuit used to split the signal of the shaper to fed both discriminator and ADC. The impedance matching
is obtained by a transformer.
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